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In medical diagnosis applications of visualization of what is inside the human body 
might be life-saving. Nowadays, several techniques enable visualization of the most 
inner parts in the body in great detail. Echography is one of those techniques, it 
allows the physician to investigate sections of the patients' body by displays of the 
echographic information on a TV-monitor. Well-known are the pictures (B-scans) from 
the yet unborn child in the mother's body. An advantage of echography is the use 
of ultrasound, because it is a non-ionizing radiation, which is considered harmless in 
applications of medical diagnosis. 
Ultrasound is a mechanical vibration (like sound) of high frequency that exceeds 
audibility. It is transmitted by a transducer that in practice is also used as a receiver of 
the echo-information returning from the tissue. In medical diagnosis the transducer was 
initially a hand-held single-element ceramic cristal. A motor-driven sector-scanning of 
the cristal made it possible to visualize the echo-information in real-time on a monitor 
(B-scan). Improvements were made by the development of electronically steered array 
transducers like linear array, phased array and annular array. 
The improvement of the visualization of the echographic information has, however, 
outtrended the physical knowledge of the interaction phenomena of the ultrasound and 
the human tissue. Research in this field is going on for about two decades, and is shortly 
called: ultrasonic tissue characterization. 
In the next paragraph a bird's eye view of the use of ultrasound for differential diag-
nosis of pathologic tissues in ophthalmology is given. Developed methods and published 
results over the last two decades are summarized. Additionally a physical explanation 
and interpretation of the parameters used for ultrasonic tissue characterization are given 
in the third part of this introduction. The physical concepts that are used as a frame 
of reference for the subsequent chapters are introduced. A short overview of the thesis 
concludes this chapter. 
1 Ultrasound in Ophthalmology 
In its early years the echography in ophthalmology was limited to the A-mode (A = 
amplitude) technique where the amplitude of the ultrasound signal is displayed versus 
depth. The amplitude depends on the acoustic reflection strength of the various struc-
tures of the eye (Fig. I e ) . This technique appeared to be very useful in differential 
ophthalmologic diagnosis concerning intraocular pathology and ocular and orbital tu-
mours. The results of Okeala (1962), Ossoinig (1974) and Poujol (1974) have proved to 
be excellent examples of the high level that can be reached by skilled examiners. 
2 INTRODUCTION 
Figure 1: (a) A-mode echogram of an eye, and (b) B-mode echogram of 
an eye. With subsequent echoes from the cornea, lens (2x) and orbital fat, 
remark the attenuation and texture of the orbital fat. 
The primary characteristics of A-mode echograms that are useful in tissue differen-
tiation are: the reflectivity level (the magnitude of the echoes), the attenuation (the 
decrease of the magnitude with increasing depth within a lesion), and the regularity of 
the echographic pattern (the texture of the tissue echogram). 
The introduction of the B-mode (B = brightness) technique in ophthalmology (Fig. 
I6) established the echography as a useful diagnostic aid for the visualization of the 
morphology of pathologic conditions. Ocular problems like retinal detachment, vitreous 
hemorrhage, the presence of a foreign body, and the occurrence of a tumour could be 
diagnosed with improved accuracy (Pumell, 1967; Coleman, 1972). A combined use 
of both A- and B-mode echograms gave the examiner the possibility to improve his 
diagnosis even more. For instance, the diffentiation between intraocular metastatic 
carcinoma, haemangioma and melanoma could be further improved (Verbeek, 1985). 
The clinical knowledge is, however, not generally applicable because the character-
istics of the echographic equipment are involved in the diagnostic data. Of particular 
importance are the time duration of the transmission pulse of the transducer and the 
focussing of its sound beam. Furthermore the display on the screen depends on the am-
plifier characteristics of the echographic apparatus and, in addition, on the preferences 
of the clinician for the brightness and contrast settings of the B-mode display. For this 
reason a calibration procedure was developed to enable reproducable and exchangable 
reflectivity measurements, that is based upon an artificial tissue structure, the 'tissue 
model' (Till, 1976). 
It was tried to extract the relevant echographic information by computerized tech-
niques (Trier and Reuter, 1973; Decker et al., 1973). The quantification of the A-mode 
(amplitude) data made it possible to apply statistical analysis to find the limits of 
significance of the differential diagnosis. Parameters like the amplitude distribution, 
attenuation, variablity of the echogram and peak density were calculated. Later these 
parameters were corrected for their dependence on the echographic equipment (Thijssen, 
CHAPTER I 3 
Figure 2: A 4O MHz digitized rf-signal with the correaponding A-mode 
echogram (video signal), dashed. 
1979), but no major clinical significance could be attributed to these parameters. 
At the same time Linnert et al. (1971), Buschmann (1973) and Purneil et al. (1975) 
investigated the use of the frequency information from the echographic data, considering 
that the interaction mechanisms between ultrasound and tissue are basically frequency 
dependent (attenuation, backscattering). The frequency (i.e., spectral) data could also 
be corrected for its equipment dependence and this resulted in absolute measurements 
of the attenuation coefficient and the backscattering coefficient of the tissue. Structures 
smaller then the wavelength of the ultrasound could be differentiated, with clinical appli-
cations to retinal detachment and membranes in the vitreous (Lizzi et al., 1976). Even 
a differentiation between two kinds of melanomas: the mixed/epithelioid cell melanoma 
and the spindle cell melanoma was recently reported (Coleman et al., 1985a). 
1.1 Equipment 
Whenever computers are used to perform the ultrasound signal analysis it is necessary 
to digitize the echo-signals. Therefore, an analog to digital (A/D) converter is needed to 
sample the signal at a rate which does not induce ambiguity (aliasing) (Nyquist theorem, 
Oppenheim, 1975). The frequency analysis of the echographic data necessitates the 
ultrasound radio-frequency (rf) signal to be sampled (Fig. 2). This rf-signal is directly 
related to the oscillations of the transducer surface caused by the receipt of the echoes 
from the tissue (piezo-electric effect). In ophthalmology transducers up to 15 MHz are 
used, for which an A/D converter of the order of 50 MHz sampling rate has to be used. 
Nowadays modern A/D converters have an internal memory sufficient to store a 
digitized rf-scan (B-mode) and are fast enough to do this in real-time. The rf-data are 
transferred to a computer which performs the signal (pre)processing and analysis. 
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Figure 3: Phase sensitive lummation at the transducers' surface of the 
echoes received from tissue. 
1.2 A- and B - m o d e Echogram Analysis 
The amplitudes of a tissue A-mode echogram are formed due to a phase sensitive sum-
mation of the received echoes on the surface of the transducer (Fig. 3). The summation 
causes the individual echoes to interfere at the surface producing an interference pat-
tern, which results in the so-called texture of the ultrasound images. Characteristic for 
the texture of the B-mode images are the interference maxima that cause a 'speckle' 
pattern. 
The statistics of the echo-amplitudes are dependent on the number of scatterers in 
the tissue up untili a critical volume density (dependent on the transducer) is reached 
(Burckhardt, 1978), then Rayleigh statistics are obtained. Therefore, diagnostic impor-
tance might be attributed to the statistical properties of the echo-amplitude. These 
properties of the A- and B-mode echograms are discussed in relation to figure 4. 
The left part of the figure represents an A-mode echogram of a tissue in the eye. 
Firstly, one can determine some non-statistical parameters as the size of the pathologic 
region (e.g., a tumour) given by the time distance a, the reflection strength b, and the 
attenuation defined by the angle Ci. Of course a correction for the amplifier character-
istics (non-linear compression) has to performed prior to relating the echo-amplitude to 
the reflection strength and the attenuation. The middle figure shows a histogram of the 
time intervals between two succesive echo-amplitude peaks. The average time interval 
corresponds to the mean time between two echo-amplitude maxima thereby defining 
a mean distance. The right figure shows the histogram of the digitized values of the 
echo-amplitude, after the latter was corrected for the attenuation by using the value 
derived from Cj. The mean of this distribution corresponds to the reflectivity level, but 
it is estimated with greater precision than the value estimated directly from 6. 
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Figure 4: Amplitude analysis of an A-mode echogram: a, size of the patho­
logic region; b, reflectivity level; с
г
, amplitude attenuation; Сг, histogram 
of time intervals between succesive echo-amplitude peaks; C3, histogram of 
echo-amplitude (corrected for the attenuation). 
When the B-mode echogram is analysed it is also possible to perform the texture 
analysis mentioned above in the direction perpendicular to the sound beam (lateral 
direction). Another characterization of the texture of an image can be obtained by 
the calculation of the axial and lateral autocovariance functions (ACVF) (Wagner et 
al., 1983). These ACVF's provide an estimate of the mean size of the 'speckles' in 
the texture in both directions. Moreover, the components of diffuse and structural 
scattering can be estimated from these functions. This technique has not yet been tried 
on the intraocular tumours, but has proven to be useful for differentiation of normal 
and pathologic liver tissues (Insana et al., 1988; Oosterveld et al., 1988). 
1.3 rf-Signal Analysis 
The relation between the representation of a signal in the time - and in the frequency 
domain is described by the Fourier transform. The rf-signal (Fig. 2) can be converted 
to the frequency domain by this algorithm, which results in the amplitude - and phase 
spectra. The phase spectrum is not explicitly used in the ultrasound signal analysis and 
will not be considered here. 
A rf-signal is obtained from the reflections and the scattering of the propagating 
pulse within the tissue as a function of the depth range. This rf-signal is not only 
dependent on the properties of the tissue versus depth but also on the local properties 
of the sound field. The effects caused by the focussing of the beam and the diffraction 
of the sound by the finite transducer aperture are summarized by the term 'diffraction 
effect'. The analysis techniques discussed in the former paragraph did not correct for 
this effect. 
The spectrum of the rf-signal can be corrected for the effects of the echographic 
equipment in the focal range of the transducer, however. For this purpose the spectrum 
(of the rf-signal) of a test reflector has to be recorded in the focus of the transducer 




Figure 5: Attenuation coefficient estimation from two normalised amplitude 
spectra derived from two different depths in the tissue. 
frequency dependence of the (plane) test reflector, the spectrum can be normalised for 
its beam dependence. Furthermore, when assuming the speed of sound in the tissue 
to be known, the frequency dependent attenuation coefficient and the backscattering 
coefficient can be derived from the normalised spectrum. The inherent assumption 
which enables an interpretation of the obtained parameters is that the tissue can be 
modelled as a homogeneous attenuating and isotropically scattering medium. 
As was already observed the attenuation causes a decrease of the magnitude of the 
received echoes on the transducer surface as a function of the travelling path in the 
tissue (Fig. 4). The frequency of the ultrasound rf-signal is, however, also affected by 
the attenuation, which means that analysis of the decrease of the magnitude of the video 
signal does not describe the attenuation effect adequately. Therefore, analysis of the 
rf-signal is necessary. In practice not the whole region between the transducer and the 
tissue at a certain depth will be suitable for attenuation estimation because of other, 
intervening, tissue layers. Therefore, a region of interest (ROI) has to be selected within 
the tissue to be analysed (for instance a tumour). The amplitude spectra at different 
depths zl and Zj ' n the ROI can be estimated from the rf-signal and normalised for the 
diffraction effect. The ratio of these spectra results in the estimate of the frequency 
dependent attenuation coefficient (Fig. 5). For most biological tissues the attenuation 
coefficient has appeared to be almost linearly dependent on the frequency, therefore, 
the coefficient can be described by the slope of the linear fit through the data of figure 
5 (spectral difference method). 
Another way of derivation of the attenuation coefficient is by considering the fre-
CHAPTER I 7 
quency shift of the spectrum versus depth. The mean (or centroid) frequency of the 
spectra of figure 5 is calculated, the down-shift of the frequency is then a measure for 
the attenuation coefficient. This is called the centroid frequency shift method (Dines 
and Как, 1976; Kuc et al., 1976). The advantages of the attenuation estimation in 
the frequency domain are the possibility to correct for the diffraction effect and the 
possibility of avoiding a priori assumptions regarding the frequency dependence of the 
attenuation coefficient. 
To improve the precision of the attenuation coefficient estimate a series of indepen­
dent amplitude spectra has to be used from different depths in the ROI and from many 
other scanlines. Usually one also uses special windowing techniques (e.g., Hamming 
window) to yield a smooth spectral estimate. Recently promising results have been 
published for the estimation of the spectrum when a phase insensitive (array) trans­
ducer is used (Johnston and Miller, 1986). A theoretical estimation of the precision of 
the attenuation coefficient can be derived for the available data (Kuc, 1985). 
The backscattering coefficient of the tissue in the ROI is also calculated from the 
normalised spectrum. The frequency dependent attenuation coefficient has to be known, 
since the normalised spectrum has to be corrected for the attenuation of the intervening 
tissue layers. An error in the attenuation coefficient will lead to a much larger error in 
the backscattering coefficient (Chapter VI). If ROI's covering a large depth range are 
analysed also the attenuation within the ROI has to be accounted for. 
For pathologic regions in the eye it is important to notice that the attenuation in the 
vitreous is neglectably small, therefore, it is necessary only to correct for the attenuation 
within the region itself. As the rf-signals have a stochastic nature it is, as before, 
necessary to average the normalised spectra of the ROI to yield a reliable estimate of the 
backscattering coefficient (Lizzi, 1985). In theory the intensity backscattering coefficient 
would be dependent on the fourth power of the frequency if scattering structures in the 
tissue are much smaller then the wavelength of the ultrasound. This is called Rayleigh 
scattering and this phenomenon is similar to, e.g., the scattering of sunlight in the (blue) 
sky. If the scattering structures are comparable to the wavelength or even larger the 
power of the frequency dependence decreases. In the liver, for instance, values between 2 
and 2.4 have been estimated (e.g., Bamber, 1979). Although, for eye tumours different 
values of the power have been reported it appeared to be useful to perform a linear 
regression analysis to the backscattering coefficient (Lizzi et al., 1983). Parameters as 
the slope value, the intercept and the residual from the linear regression analysis were 
used for a differentiation between intraocular tumours (Feleppa et al., 1986). 
The resolution of thin membrane structures is also performed by using the normalised 
spectum. In fact specular reflection can be considered as a special case of backscattering. 
If scattering structures are larger or of the same order of magnitude as the wavelength 
of the ultrasound, scalloping in the backscattering coefficient may occur depending on 
the thickness of the reflector (or scatterers). The first reflection of the thin membrane 
interferes with the echo from the back-wall of a membrane producing maxima and 
minima in the backscattering coefficient (Fig. 6) (Lizzi et al., 1976; Bayer and Thijssen, 
1981). 
From the frequency separation of the extreme values ( Δ / in Fig. 6) the thickness 
(d
m
) of the membrane can be calculated. 
а
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F i g u r e β: BackscaUering coefficient from a thin membrane. 
where с = speed of sound in the membrane. 
1.4 Clinical Resu l ts 
There is little evidence in the literature for the use in clinical diagnosis of the ampUtude 
(A- and B-mode) analysis. Trier and Reuter (1973) and Decker et al. (1973) reported 
some results on in vitro experiments on the differentiation of intraocular melanomas and 
hemorrhage. They concluded that the reflectivity level and both histograms (Fig. 4) re­
sulted in a significant differentiation. A second publication (Thijssen and Verbeek, 1981) 
reported on the characterization of intraocular tumours, the results are summarized in 
the table (Table 1). A differentiation of intraocular tumours could not be achieved as 
the number of data was too small. Therefore, the reflectivity level was only indicated as 
a major characteristic as already reported from clinical practice (Ossoinig, 1974; Poujol, 
1981). Thijssen and Verbeek concluded that tumour tissue is too inhomogeneous to use 
all echographic tumour data to estimate the reflectivity level and, therefore, selection 
criteria should be used in the analysis. Concerning the detectability of the tumours in 
an early stage also Haigis (1984) suggested a video signal analysis, which was tested 
on the orbital fat. This author found an attenuation value comparable to Thijssen and 
Verbeek (1981). 
Few clinical results have been reported on the estimation of the frequency dependent 
attenuation coefficient in the eye. The orbital fat was reported to have an attenuation co­
efficient of 1.5 dB/cm.MHz (Lizzi et al., 1976) estimated with a 8 MHz centre frequency 
of the transducer. This agrees with the results reported on the amplitude analysis. Trier 
et al. (1983) published results of 0.4 dB/cm.MHz for in-vivo intraocular melanomas. 
But precision appeared to be very low caused by the inhomogeneity of the tumours. 
Thijssen et al. (1983) reported measurements on isolated eye tissues for which it was 
tried to estimate the speed of sound, the acoustic impedance as well as the attenuation 
coefficient. For the latter only results for the sclera were reported: 0.3 dB/cm.MHz. 
The frequency behaviour of the backscattering coefficient is related to the size of the 
scattering structures in the tissue (Fig. 7). Lizzi and Elbaum (1979) showed backseat-
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Table 1: Results of amplitude analysis of normal and pathologic tissues 
































Table 2: Results on the backscattering coefficients reported by Coleman et 
al. (1985a). 
tering coefficients of vitreous hemorrhage resulting in a fourth power with frequency and 
they concluded that Rayleigh scattering occurs when small blood particles are insonated. 
Coleman et al. (1983, 1985a) investigated a large number of histologically characterized 
intraocular tumours. In conclusion: a statistically significant differentiation could be 
made between two types of melanomas (mixed plus epithelioid cell type versus spindle 
cell type) (Table 2). Mazzeo et al. (1985) reported corresponding results, although, of 
preliminary nature. An important addition to the results was published by Coleman et 
al. (ІЭвб1'), a follow-up study was performed on patients with melanoma after radia­
tion therapy (Co 8 0 ) . In periods of 6 months after radiation the correlation of the size 
of the tumours and the backscattering parameters (slope, intercept and residual) was 
investigated. This correlation appeared to be consistently unsignificant. Coleman et al. 
(ІЭ б1') concluded that the backscattering parameters were more suitable for follow-up 
diagnosis then the size of the tumour. 
The resolution improvement for the differentiation of thin membranes was reported 
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Figure 7: Example of ROI selection and backscattering coefficient reported 
by Lizzi et al. (1981). Left: B-scan image with ROI, right: backscattering 
coefficient as function of freguency. 
in only one publication (Trier et al., 1983). These authors investigated in-vivo retinal 
detachments, vitreous membranes and the choroidea. The thickness of the vitreous 
membranes estimated for 15 patients appeared to vary over a large range, in contrast to 
the retinal detachments (for 81 patients). The reflection strength of the membranes was 
slightly lower (4 dB) then of the retinal detachments and their spectral parameters were 
considerably different. Therefore, differentiation of membranes can be accomplished 
with these parameters. The normal thickness of the retina was 130 μιη. The thickness of 
the choroid appeared to be variable and it often considerably exceeded the histologically 
known value. 
2 Theory of Ultrasound 
A brief introduction to the generad theory of ultrasound, as it is applied in this thesis, is 
presented here. At first a description of the transducer dependence of the sound beam is 
given (diffraction and focussing). Interaction mechanisms between the ultrasound and 
the tissue as there are: reflection, refraction, absorption and scattering are explained. 
The texture (or image) parameters (A - and B-mode) are discussed by means of the 
autocovariance function (ACVF). And finally a correction strategy for the effects due 
to the 'diffraction effect' of the sound beam is discussed. 
Basically the following tissue model is applied (Fig. 8). The structures producing 
the echoes received at the transducer surface are modelled from isotropically scatter­
ing inhomogeneities that are embedded in a homogeneously absorbing medium. The 
scatterers might be histologically related to micro vasculature, connective tissue and 
(clusters of) cells. The attenuation is caused by the absorption of the ultrasound by 
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Figure 8: Acoustic tissue model: absorption, diffuse - and structural scat­
tering can be described by attenuation, backscattermg and texture parameters 
estimated with signal analysis techniques. 
the biological macromolecules and by the scattering of the ultrasound. The absorption 
mechanism is assumed to be mainly the relaxation of the oscillatory acoustic energy 
into rotational and vibrational states (c.f, Jongen et al., 1985). A regular structure in 
the tissue (e.g., the liver, Insana et al., 1986) can be resolved with texture parameters. 
2.1 Transducer and Sound B e a m 
The acoustic pulse (Fig. 9) is generated by a transducer. A round and thin ceramic 
plate (piezo-electrical material) is electrically excited and the induced oscillations are 
then transmitted as a mechanical wave into the tissue. 
The ceramic plate is clamped at the edge, which causes the oscillation near the 
surface edge to contribute less to the pulse then that near the centre, this is described 
by a weighting function over the transducer surface (w(f)). For most transducers this 
function can assumed to be independent of time and a Gaussian function is often ap­
plied for this purpose. Moreover, an acoustic lens is incorporated in the transducer to 
improve the lateral resolution (perpendicular to the propagation of the sound beam) by 
a focussing of the sound beam. Optimal resolution in the direction of propagation of 
the transmitted pulse (axial direction) is obtained when the pulse length is short, yet 
still of sufficient energy to register the echoes from the ROI by the same transducer. 
Both above mentioned characteristics of the transducer contribute significantly to 
the produced sound field. The sound beam can be described by the velocity potential 
(φ) that is formed from a convolution of a spatially invariant time function (u) that 
























Figure θ: Transducer pulse and spectrum (measured in focus from a plane 
reflector). 




where o r = transducer aperture 
6 = Dirac delta function. 
The pressure (pi) caused by the incident sound beam can be calculated at any point 
(f) in space by taking the time derivative of the velocity potential, thereby a loss-less 
medium of mass density ρ and with sound velocity с is assumed: 
Pi(r,t) = ρ 
di (3) 
When assuming the transducer weighting function to be uniform (it)(r) = 1), the 
acoustic pressure can be written in the frequency domain as (Ueda and Ichikawa, 1981; 
Ueda and Ozawa, 1985): 
Fíir,t) = 'ir'*PfU{í)e-*'IKbte,T) (4) 
where Pi = Fourier transform of РІ(Г*, t) 
ƒ = frequency 
к — wavenumber = 2nf/c 
U — Fourier transform of u(<) 
D = beam directivity function 
Θ = angle of f with the axial direction 
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D(k, Θ, R) can only be solved analytically in the focal plane: 
D{k^R) =
 2JA^ii^l (5) 
кат ятк) 
where Ji = first order Bessel function 
R = geometrical focus 
From this equation two important conclusions can be drawn. In focus one can assume 
a plane wave approximation, and the distance between the first two zero crossings of 
the beam directivity function corresponds in a first approximation to the beam width 
in focus. The width of the sound beam is then given by (Kossoff, 1979): 
W = 2.44 4^- (6) 
far 
where f = transducer frequency 
2.2 Interact ion Mechanisms between Ultrasound and Tissue 
The interaction mechanisms of ultrasound and tissue are summarized in figure 10. The 
reflection of ultrasound is caused by an impedance mismatch between two different 
media and its coefficient at normal incidence is defined as: 
and 
Zt = /».c, = \JP,/K, (8) 
where R,, = reflection coefficient 
Z, = acoustic impedance of medium 1 and 2 
tt, = compressibility of medium 1 and 2 
From the definition of the acoustic impedance it follows that an echo can be caused by 
a local difference in the density (p) or a local difference in the speed of sound (c) in the 
tissue, or both. For human tissues the speed of sound is assumed to yield the major 
contribution to impedance discontinuities. 
The difference in acoustic velocity causes the incident beam (angle Θ,) to refract 
(angle flj) and to reflect (angle θ
τ
) at the interface between the media (Fig. 10). This 
phenomenon is described by the law of Snell and it is equivalent to the refraction of 
light. 
3171(0,) I c-i = 3in(et) I c 2 (9) 
Two phenomena that are often used for tissue characterization are the absorption 
within the tissue and the scattering of the sound by the small inhomogeneities in the 
tissue. 
As already mentioned the attenuation exhibits an exponential decay of the amplitude 
as function of the travel time in the tissue and is frequency dependent. In relation to 
the acoustic pressure amplitude (p) at depth ζ the attenuation coefficient (μ) can then 
be written as: 
Pz = P . e - 2 ^ 1 (10) 
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Figure 10: Interaction mechanisms of ultrasound and tissue. 
where the factor of 2 indicates the two way travelling path of the echoes, or: 
20log(pI/po) = -2a(f)z (11) 
where a( ƒ ) = 20 log(e) μ{ΐ) = 8.68 μ( ƒ ) 
If the normalised amplitude spectra (A) at two different depths (ζχ and z-ì) in the 
ROI are calculated the attenuation coefficient follows from: 
'Xìlog{ACì)-2Olog{AIl) = - 2 ( z 2 - Z J M / ) (12) 
Therefore, the linear to frequency attenuation coefficient (<*(ƒ) = <*ƒ) can be obtained 
by a linear regression analysis of the logarithmic spectral difference (Fig. 5). 
Biological tissues can be modelled as linear and causal systems, therefore, the 
Kramers-Kronig relations predict that when they exhibit attenuation they must also ex-
hibit dispersion (Как and Dines, 1978; O'Donnell et al., 1981; Gurumurthy and Arthur, 
1982). Dispersion also implies that the shape of the spectrum changes as function of 
the travelling path in the tissue. Only Gaussian modulated pulses (in the frequency do­
main Gaussian shaped spectra) remain Gaussian modulated when propagating through 
a dispersive medium (Ferrari and Jones, 1985). Therefore, when the attenuation co­
efficient needs to be estimated from the frequency shift inside the ROI, it is easiest 
to assume the transmitted transducer pulse to be Gaussian modulated (Fig. 9). The 
centroid frequency shift method, where the centroid frequency of the spectrum (Fig. 5) 
is calculated as a function of depth in the tissue, further assumes a linear to frequency 
attenuation coefficient. The attenuation coefficient can be expressed in the estimated 
frequency shift ( Δ / / Δ ί ) by: 
Δ / = - σ 2 ( ί ) μ
ε
Δ < (13) 
where σ1 = variance of the Gaussian spectrum 
μ = attenuation coefficient (Np/cm.MHz). 
The theory of scattering of ultrasound (e.g., Morse and Ingard, 1968) is highly similar 
to the electro-magnetical theory of scattering (Bowman et al., 1969). If attenuation 
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effects are neglected a Born approximation of the acoustic scattering process will result 
in the following expression for the scattered pressure (P,): 
e
-J*|r--r'| 




Integration of the scattered acoustic pressure over the transducer surface, while 
taking into account the transducer transfer function (Г) from the acoustic to the electric 
(rf) signal, will yield the complex echogram representation (Et) of one scatterer at site 
E.if) = T(f) Jjfrpf фіг, ƒ ) ψζ^[ dS ( 1 5 ) 
For N scatterers (ΛΓ large), neglecting multiple scattering effects, it can be assumed 
that: 
ВД = Е В Д (ie) 
τ 
The power spectrum of the echogram is defined as: 
5(Л = E{ f )£·(ƒ) = ЕіЯ.(Л|2 + Е Е Я . Ш Я Л Л (17) 
The first term in this equation represents the incoherent or diffuse scattering process, 
the second is due to the coherent or structural scattering (Kur'yanov, 1964). Incoherent 
scattering occurs whenever the distribution of the scatterers is random, the phase will 
then have a uniform distribution, which explains the coherent term to average out. 
Assuming a cloud of scatterers distributed in a thin layer (for instance a membrane), 
in the order of the wavelength of the ultrasound, the coherent scattering will dominate 
the scattering process. Interference of the echoes from the two transition planes of the 
membrane will cause the spectrum to show scalloping effects. From this scalloping the 
thickness of the membrane can be estimated (Eq. 1 and Fig. 6). 
Considering the incoherent component of scattering, which is dominant in homoge­
neous and isotropic tissues, its power spectrum can be written for a random distribution 
of discrete scatterers as (Ueda and Ozawa, 1985): 
S,
c
(f) = K>cßb.(f)\G(f)\2Dl(f,r) (18) 
where Klc = constant = 0.919* Zj d a j / 2R2 
ßb, = backscatteríng coefficient 
G = U(f) T(f) = transducer transfer function (cf., Eq. 4 and Eq. 15) 
D,c = beam directivity function for random medium 
in the focus the plane wave approximation holds: 
А , ( / , Я ) = 1 (19) 
The backscatteríng coefficient is defined as the power scattered per unit solid angle 
in the backward direction by a unit volume of scatterers. It can be noticed that the 
backscatteríng coefficient directly follows from the power spectrum of the echogram if 
a correction of the transducer dependencies is performed (Ktc, G and Dtc), therefore, 
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a diffraction correction procedure has to be followed. The transducer dependencies are 
squared in equation 18 because of the two way travelling path of the echo. 
An alternative tissue like model is the "inhomogeneous-continuum" model were the 
scatterers represent continuous fluctuations in density and compressibility (Eq. 8), in­
stead of discrete scatterers. Ueda and Ichikawa (1981) have shown that for most trans­
ducers this can be modelled as impedance fluctuations. These fluctuations can best be 
described by an autocorrelation function (Chemow, 1960). Such a function describes 
only the average scattering effects of the N scatterer population. Only these effects of 
scattering can be described because scattering on a subject of finite size is dependent 
on the angle of incidence as well as of the material of the scatterer and its shape (Waag 
and Nilsson, 1983), which is incomputable for the various inhomogeneities in the tissue. 
The backscattering coefficient is given in terms of the autocorrelation function C(f) by 
(Nicholas, 1977; Ueda and Ozawa, 1985): 
91,3 D 2 2 °? 
μ^υ) = '— / 7 C(7) sin{2kay) df (20) 
0 
where Rl = Rl(c
v
-cl) 
c„ = η σ
3
 — volume density = JV / V 
V = volume 
σ = correlation length of the medium 
Τ = 'Va-
In equation 20 it is assumed that the tissue is isotropic as the correlation length is 
supposed to be equal for all directions. This is not the case in, for instance, muscle and 
the animal model discussed in Chapter V. For most isotropic tissues either a Gaussian 
or a spherical autocorrelation function will suffice. The Gaussian function results in: 
/*».(ƒ) = . l C * V
e
- *
v / ^ (21) 
In the limit of small scatterers of low mass density (fcer ·< 1 and c„ < 1) Rayleigh 
scattering will occur and the backscattering coefficient will be proportional to fc4 and 
to σ β . 
2.3 Texture Parameters 
The texture of the ultrasound B-scans is described by the first and second order statistics 
of the video signal. The relation of the video signal (a) to the rf-signal (a) is given by: 
«(<) = !*(<)+ JB{»m (22) 
where Η = Hilbert transform. 
As mentioned before, Rayleigh statistics are obtained for the amplitude distribution 
when the density of scatterers is high enough: 
P(a) = (a/ffl)e-'W (23) 
where <rij = signal power. 
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From this distribution it is to be expected that the signal-to-noise (SNR) ratio will be: 
8ΝΚ = μ./σ
β








ψ2 - π/2 
Oosterveld et al. (1985) showed that the mean amplitude and SNR value of a random 
tissue are not only dependent on the scatterer density, but also on the distance to the 
transducer. Therefore, the video signal needs to be corrected for the diffraction effect. 
This is performed in the frequency domain on the spectrum of the rf-signal, whereafter 
the signal is transformed back to the time domain again (Chapter VII). 
The axial and lateral 'speckle' size are obtained from the full width at half maximum 
(FWHM) of the ACVF of the squared video signal (intensity). Again for fully developed 
speckle (Rayleigh distribution) the relation between the FWHM and the speckle size 
can be deduced (Wagner et al., 1983): 
FWHM,
a ( = 0.80 cR/ fa'T (25) 
FWHM,« = 0.26 /σ/ 
where a'T = αχ/Ι.08 
σ/ = bandwidth of the transducer spectrum. 
Recently Wagner et al. (1987) published a technique to estimate the components 
of diffuse and structural scattering from the ACVF of the intensity image. For this 
purpose, the following parameters are defined from figure 11. /: Represents the top 
of the ACVF, d: the average distance between the sub-maxima of the ACVF, b: the 
base level, and p: the average value of the sub-maxima. These parameters indicate the 
following parameters of the diffuse and structural scattering: 




p-b = < I] > - < I. > 2 = Ej (26) 
VÜ = Id + I. 
where Ij = intensity of diffuse scattering 
/ , = intensity of structural scattering 
Стд= Rician variance 
E J = variance of I, 
The Fourier transform of the ACVF is a powerful tool to extract these parame­
ters more precisely from the ACVF. In the frequency domain (Fig. 11) the structural 
scattering will exhibit a maximum at a spatial frequency corresponding to the regular 
distance of the structural scatterers. The diffuse scattering is represented by a Gaussian 
fit through the minima of this function. 
2.4 Diffraction Correction 
The diffraction correction was first performed with a plane reflector in the transducer 
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Figure 11: (a) The АС VF from a 1-D simulation of a rf-signal with struc­
tural acatterers at 0.464 mm distance, and (b) the ACVF m the frequency 
domain. 
be performed with any object for which the backscattering coefficient can be calculated 
(Chivers and Anson, 1982; Ueda, 1986). The extension of the diffraction correction 
procedure outside the focal region, where the plane wave approximation is not valid, is 
described in Chapters V and VII and by Oosterveld (1988). 
Performing the diffraction correction in the focal plane, the power spectrum of the 
echo from a plane reflector can be shown to be (Ueda and Ozawa, 1985): 
Sp(f) = KpRÍ\G(f)\2D¡(f,R) (27) 
where Kp = constant = π 2 Zi α ' / 16Д2 
Z 0 = acoustic impedance of the surrounding medium 
Up = reflection coefficient of the plane reflector 
Dp = beam diffraction transfer function for plane reflector 
Using equation 18, the estimated power spectrum of tissue can be corrected for its 
transducer dependence (5C) by: 
S,(f) = Slc(f)/SP(f)=K^h.(f)Dl(f,R) (28) 
where K
c
 = 0.919 πά / («4Щ) 






Since the beam diffraction term of the tissue in the focal plane equals 1 (Eq. 19): 
D
c
(f,R) = l/Dp(f,R) (29) 
The diffraction term of the plane reflector in focus (Eq. 27) is almost independent 
of frequency (Ueda and Ozawa, 1985). Therefore, an adequate diffraction correction 
procedure is obtained in the focal zone of the tгaлsduceг. 
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3 Overview of the Thesis 
The second Chapter of this study concerns the use of phase demodulation techniques 
of the ultrasound rf-signal. Instead of the normal amplitude demodulation (video) of 
the signal the frequency information in the echogram is extracted from the phase of 
the signal. Amplitude modulation is due to the phase sensitive summation of the rf-
waveforms of the echoes from the various reflecting tissue structures. An ultrasound 
rf-signal is, however, not a frequency modulated signal but the phase of the echoes 
is depending on the depth of the various tissue structures. Therefore, the phase is 
randomly and uniformly distributed, and no stable frequency demodulated signal can 
be obtained from the phase-derivative (PD) of the rf-signal. Stabilization algorithms 
have to be used. A number of stabilization methods are investigated on their usefulness 
for imaging and a comparison of the first order statistics of the images is made . 
In the next Chapter the potentials of these images (with optimal stabilization meth-
ods) are further explored on their usefulness for tissue characterization. The effects of 
the sound beam (diffraction effect) on the 'PD-image' is investigated together with the 
effects of the number of scatterers in the tissue. From this study it is concluded that 
the usefulness of PD - or FM imaging is questionable. 
The fourth Chapter also discusses the phase-derivative of the rf-signal and its stabi-
lization techniques and reports on the first and second order statistics in a theoretical 
way. Distributions of the phase derivative are derived for the different stabilization 
algorithms. The results are not only useful for imaging purposes but also for the use 
of the stabilized instantaneous frequency in attenuation coefficient estimation methods 
(Chapter VII). 
Chapter five reports on the results of an animal study of a special Greene melanoma 
implanted in the anterior chamber of the rabbit 's eye. The backscattering coefficients 
are estimated for this tumour and theoretical assumptions are discussed. The estimated 
scattering structure sizes are correlated to the values measured optically from the his-
tology. Also the diffraction correction procedure outside the focal range is described. 
Chapter six evaluates the analysis of the backscattering coefficient by linear regres-
sion techniques, other scatterer size estimation methods are compared to this technique 
for which one-dimensional simulations of the ultrasound rf-signal are used. Conclusions 
are drawn about the limits of accuracy and precision of the estimation of the scatterer 
size from rf-signals obtained under various circumstances. The intervening tissue is 
taken into consideration for its attenuation effects on the ROI. Further results of the 
attenuation estimation methods and the effects of the attenuation correction on the 
estimated scatterer size are reported. 
Chapter seven concludes this study by a presentation of the methods used to estimate 
the tissue - and image parameters of intraocular melanomas from data acquired in in-
vivo measurement. Parameters that can be useful for the differentiation of intra-ocular 
tumours are discussed. Special attention is given to the selection of a homogeneous 
region inside the tumour tissue to calculate the relevant parameters from. Estimation 
methods of the attenuation coefficient are compared for the obtained patient da ta and 
their mutual correlations presented. The mean size of the (back)scatterers was estimated 
and the usefulness of the backscattering parameters for the differentiation of eye tumours 
is discussed. Finally the image (texture) parameters are presented and correlated to the 
tissue parameters. A correlation to the histology of the eye tumours is discussed by 
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imaging of the relevant parameters in a pseudo-color image of data obtained from a 
phantom. The use of these images for diagnosis is addressed. 
The appendix reports on the preliminary results of the discriminant analysis applied 
to the in-vivo patient tumours available, to illustrate the discriminating power of the 
estimated parameters between two classes of choroidal melanomas. 
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Phase-Derivative Imaging I: 
Methods and Stabilization Analysis 
R.L. Romijn, B.J. Oosterveld, J.M. Thijssen 
Abstract 
The potential of using the phase derivative (PD) for Echographie imaging was in­
vestigated. The PD data were calculated by four methods: zero crossing (ZCS) 
with squelch addition, analytic signal either with squelch addition (ASS) or with 
employment of a Wiener kernel (ASW), and unwrapped phase (UNP). The large 
peaks which occur in an unprocessed PD signal were "stabilized" by some kind of 
smoothing algorithm. The effects of the amplitude of the squelch signal and of the 
degree of smoothing were systematically investigated for experimental and simulated 
one and two dimensional rf-echograms. The optimal pictures obtained for all four 
PD estimation methods were compared to the amplitude modulated (AM) image 
obtained from the same rf-data. It is concluded that three different PD images 
can be derived: AM dominated (ZCS, ASS), mixed AM-PD (ASW) and pure PD 
(UNP) images. Some preliminary conclusions regarding the potential of PD imaging 
for medical diagnostics were drawn. These conclusions were based on quantitative 
first order statistics and on a qualitative assessment of second order statistics of the 
PD image texture. 
Key words: FM imaging; instantaneous frequency; Phase-Derivative 
imaging; ultrasound. 
1 Introduction 
Conventional B-mode imaging is concerned with the envelope information contained in 
the recorded echo lines. The resolution and statistical properties in the depth direction 
of these images are mainly dependent on the bandwidth, which is inversely proportional 
to the time duration of the individual echoes. Additionally the instantaneous frequency 
might be employed as an information source as well. For instance, a smoothed version 
of this instantaneous frequency can be used to estimate the attenuation of ultrasound 
in biological tissues. Several methods to achieve this have been devised: zero-crossing 
density (Ferrari et al., 1982°; Flax et al., 1983), peak shift of the amplitude spectrum 
(Dines and Как, 1979), short-time Fourier analysis (Fink et al., 1983) (centroid shift of 
the spectrum) and smoothed phase derivative (Mesdag, 1985). The latter method will 
be discussed more extensively in this paper. 
The instantaneous frequency has been used in a somewhat different context, i.e., 
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imaging the first derivative of the instantaneous phase of the echographic signals v\ ith re­
spect to time (Ferrari et al., 19826; Ferrari et al., 1982e). For bandlimited and frequency-
modulated signals, this method is equivalent to frequency demodulation. However, 
echographic signals basically result from two kinds of interactions of ultrasound with 
tissue: pure reflections which, depending on the sign of the impedance discontinuity, 
are either zero phase or ±7r-shifted phase, and backscattering from a large number of 
small diffractive scatterers. In the latter case, which holds for most parenchymal tis­
sues, the resulting signal can be described as a "speckle" pattern due to interference 
at the transducer face. Apart from the frequency shift caused by attenuation, it will 
be shown, that echographic signals can be more properly described as phase modulated 
signals rather than frequency modulated signals. 
Imaging of the phase derivative might potentially be useful in revealing '-tructural 
characteristics of tissues, which can be obscured in the envelope signal. For instance, 
constructive and destructive interferences will occur at random when the echoes arrive 
from gradually-deeper tissues and the corresponding phase jumps arc not always clearly 
resolved in the envelope signal. This statement is equivalent to saying that the analytic 
signal that can be calculated for the echogram also has zeroes in the lower half complex 
plane (Requicha, 1980). This statement can be extended to the following: if an analytic 
function has no zeroes in the bounded lower half plane, then the original signal in the 
complex time domain will have only real zeroes (as follows from the Hermite-Biehler 
Theorem (Requicha, 1980)). This means that the signal in real time is a real-zero signal 
as well, i.e., the signal can be completely characterized, except for a multiplicative con­
stant, by its zero crossings. Λ technique to transform a signal into a real-zero signal has 
been used for some time in speech and communication technology and consists simply 
of the addition of an adequately-defined sine wave, the so-called "squelch" (Requicha, 
1980; Bar-David, 1974; Kay and Sudhaker, 1986). The method applies only to bounded 
and bandlimited signals. For this class of signals, it can be shown that a real-zero signal 
results if the amplitude of the squelch is larger than the maximum signal amplitude and 
its frequency larger than the highest signal frequency. This method has been introduced 
in medical ultrasound by Ferrari and colleagues (1982^) and elaborated by Seggie and 
Komaili et al. (1985o 6, 1986). These authors investigated the zero-crossing method to 
estimate the instantaneous frequency. 
Another method for this estimation, also discussed by Ferrari et al. (1984) and 
Seggie et al. (1985ь), is the time derivative of the phase of the analytic signal. This 
derivative is quite unstable for two reasons: phase jumps may be discontinuous with time 
and, for small signal amplitudes, a recurrent undefined state is approached (Komaili et 
al., 1986). A "stabilization" may be achieved by adding a squelch signal, as mentioned 
above. A different approach for stabilizing the phase derivative has been proposed by 
Mesdag (1985). This author introduced a Wiener kernel, which contains an adjustable 
stabilization term. His first results were very promising, both for imaging purposes and, 
when using higher stabilization, for estimating the frequency shift due to attenuation. 
In this paper, the three cited techniques: zero-crossing estimation and phase deriva­
tive, both with the addition of a squelch signal, and the phase derivative with Wiener-
kernel stabilization, are systematically investigated and the results compared to a fourth 
method: phase unwrapping followed by smoothing and differentiation with respect to 
time (Romijn et al., 1986). It will be evident that stabilization in this method is achieved 
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by adequate low-pass filtering of the phase signal. Conclusions are drawn with regard 
to the most preferable stabilization approach for each method and to the optimality for 
the purpose of imaging. The results of the stabilization study were used in the inves­
tigation of beam diffraction effects on first and second order gray scale parameters of 
two-dimensional phase-derivative (PD) echograms as described in a companion paper 
(Oosterveld et al., 1986; Oosterveld et al., 1989). 
2 Generation of Echographic Data 
2.1 M e t h o d s 
Echographic rf-signals were obtained in three different ways: 
1. Radiofrequency echogram (1 line) obtained from a tissue-mimicking phantom, con­
taining two low-amplitude regions. Transducer (Picker): 3.5 MHz centre fre­
quency, -6 dB bandwidth: 1.7 MHz, no T G C . Sampling frequency was 50 MHz. 
2. Simulated 2-dimensional echogram: 161 lines, linearly scanned, of a scattering medi­
um without attenuation. Density of scatterers 1000 per cubic centimeter, scatter­
ing volume in the focal zone of the transducer. Transducer characteristics as in 1. 
The simulation program calculated the echogram by using the impulse response 
method (Verhoef et al., 1985; Thijssen and Oosterveld, 1985; Oosterveld et al., 
1985). Sampling frequency was 50 MHz. 
3. Echogram (2D) of a tissue-mimicking phantom (RMI). A volume was scanned which 
contained a low-contrast cylindrical region. Transducer and transmitter/receiver 
as in 1. 
3 Instantaneous Frequency Estimation Methods 
3.1 Zero-Crossing M e t h o d 
As described in the Introduction, the zero-crossing method yields a reliable instanta­
neous frequency estimate if a real-zero signal is available. This is achieved by adding a 
squelch signal to the original echogram: 
x(t) = e(<) + A,cos(2nftt) (1) 
where e(i) = echogram 
A, = squelch amplitude A, > тпах|е(<)| 
ƒ, - squelch frequency f, > ƒ„„„ 
The zero-crossings of x(t) are estimated and the instantaneous frequency is obtained by 
taking the inverse of the time intervals between the zero crossings. 
The radiofrequency echogram from a phantom (Methods 1) is shown in trace 1 of 
figure 1. The envelope is drawn as well, whereas the two low amplitude regions can 
be seen in the left and central parts. The instantaneous frequency signal was obtained 
after addition of a squelch signal of 5 MHz with amplitude increasing from 1 to 121 
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Figure 1: Trace 1: rf-echogram of tiisiie phantom with two low amplitude 
regions; AM drawn on top of the rf. Trace» 2 through 6: PD echograms 
estimated by zero-crossing method (ZCS); squelch signal increasing from 1 to 
121 percent of maximum AM level. 
percent of the maximum of the envelope in traces 2 through 6. The average frequency 
was subtracted and then the signals were rectified and subsequently smoothed by a 
0.4 /is cosine window. It will be evident that the peaks corresponding to destructive 
interference gradual disappear with increasing squelch amplitude. This is of course due 
to the fact that for low envelope levels, the instantaneous frequency is almost identical 
to the squelch frequency. Because of the subtraction of the mean frequency the resulting 
frequency signal tends to zero. Apart from details in the " texture", it can be concluded 
that a high squelch amplitude yields an "instantaneous frequency", or PD, signal which 
is equivalent to the original signal after amplitude demodulation. 
In conclusion, the addition of a squelch signal does not bring about the desired 
improvement in the PD estimate by completion of the set of zero crossings. On the 
contrary, the AM information dominates the PD echogram at full squelch amplitude 
levels (91, 121 percent in Fig. 1), with only minor differences in amplitude contrast and 
axial resolution as compared to the conventional AM image. The phase information at 
higher amplitude levels is practically identical to the variations in the envelope due to 
the phase effects. 
3.2 P h a s e Derivative of t h e Analytic Signal and Squelch Addit ion 
The envelope and the phase of a bandlimited signal can be obtained from the analytic 
signal, α(ί) (Oosterveld et al., 1985; PapouUs, 1965): 
a(f) = e ( i ) + j ë ( i ) (2) 
where ê(i) = e(<) * Λ = Hilbert transform Then the envelope and the phase follow from: 
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Figure 2: Same as figure 1, PD estimated by analytic signal method and 
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e(t) (4) 
The phase derivative (instantaneous angular frequency, frequency modulation) is then 





 KOI' (5) 
Equation 5 shows that the phase derivative becomes unstable if e(<) approaches zero. 
The formula that results if a squelch signal is added can be found in (Komaili et al., 
1986). The squelch signal yields a kind of stabilization of the phase derivative (Seggie 
et al., 1985°; Seggie et al., 1985ь). 
The method is illustrated by figure 2. As in figure 1, trace 1 in this figure shows 
the original rf-signal and its envelope. The second trace shows the result of the PD 
after addition of a squelch signal with an amplitude of 1 percent of the maximum 
envelope. Apart from small details, this trace is identical to trace 2 in figure 1, i.e., 
phase transitions are quite well displayed because of smoothing after rectification of 
the PD signal and preliminary subtraction of the mean frequency (squelch + signal). 
The effects of increasing the squelch amplitude are similar to those described for the 
zero-crossing method. 
In conclusion, the analytic signal method that includes a squelch signal to estimate 
the PD signal yields results which are practically identical to those of the zero-crossing 
method. The conclusions formulated there apply to the analytic signal method plus 
squelch. 
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Figure 3: Same as figure 1, PD estimated by analytic signal method and 
Wiener Kernel (ASW). Traces 2 through 6: stabilization factor m WK in­
creasing from 1 to 61 percent. 
3.3 Phase Derivative of the Analyt ic Signal and Stabil ization by Wiener 
Kernel 
In contrast to the two methods discussed above, stabilization of the phase derivative, or 
instantaneous frequency, is now achieved a posteriori. Therefore, the PD, as estimated 
by the analytic signal method as described in the previous section, is further processed 
by multiplication with a Wiener Kernel. This method was introduced by Mesdag (1985) 
and proceeds as follows: 
m 
JSjS^Wi)-«.) + «„ if|a(<)|<e 
if K<)| > e 
(01 (6) 
where ф'{і) = new estimate of PD 
Шс = angular centre frequency of ultrasound pulse 
ε = stabilization factor 
The first right hand term of this equation is similar to a Wiener filter (in the frequency 
domain), where ε2 then stands for the noise power (Papoulis, 1965). As in the previous 
two methods, the PD is subsequently rectified and smoothed by a 0.4 /is cosine window. 
The potential of the method is illustrated in figure 3. Trace 2 shows again almost 
pure phase information. Comparison with the corresponding traces in figures 1 and 2 
leads one to conclude that the Wiener kernel yields a higher "contrast" of the phase 
transitions, even at the very low stabilization factor of one percent. The increase of 
this factor to levels over 30 percent produces a quite obvious enhancement of the PD 
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at high levels of the envelope, while preserving the phase information in the "texture". 
Moreover, the resolution and the contrast are better than in the AM echogram. 
In conclusion, the analytic signal method with Wiener kernel produces well-preserved 
phase information at amplitude levels which depend on the stabilization factor in the 
kernel. The contrast and "sharpness" of texture contours are also superior to those 
obtained by the previous methods. 
3.4 Phase Derivative from Unwrapped Phase 
The alternative method to estimate the phase derivative from equation 4 is to calculate 
the phase as a function of time explicitly and then perform a differentiation with respect 
to time. The phase signal can be written as: 
4>(t) = w
c
t + e(t) (7) 
where <?(<) = stochastic phase term due to backscattering. Therefore, 
ф'(1) = ш
с
 + '{і) (8) 
Standard algorithms to calculate the phase angle from equation 4 are modulo 2π. There­
fore, a continuous phase versus time function can only be obtained if the discontinuities 
produced by the algorithm at multiples of 2π are removed by a reset procedure, which is 
known as "unwrapping" (Dines and Как, 1979). This technique was developed for the 
calculation of phase spectra by DFT algorithms, but was applied to the present problem 
by the authors. The remaining discontinuities caused by the unwrapping were removed 
by a variable length smoothing window (cosine). The phase versus time signal was then 
differentiated with respect t o time (Eq. 8), u>
c
 was subtracted and the resulting signal 
was rectified. As before, the final processing step was a smoothing by a 0.4 μβ sliding 
cosine window that suppressed the large transients caused by the differentiation. 
The quality of the PD signal produced by this method can be evaluated from figure 
4. It is obvious that the resulting PD with only little smoothing prior to rectification 
(trace 2) is almost identical to the corresponding trace in figures 1 through 3. Therefore, 
the discontinuities caused by the unwrapping are of minor importance. Nevertheless, 
the variable smoothing of the unrectified PD, as shown in traces 3 through 6, produces 
remarkable effects. It is evident that the phase information is preserved and that the 
effects at low envelope magnitudes (i.e., high PD peaks) are gradually suppressed. The 
final trace (6) shows a PD signal that contains almost no amplitude information. The 
phase information present in trace 6 displays constructive and destructive interference 
effects equally well. 
In conclusion, the unwrapped phase method produces a PD echogram that almost 
exclusively contains phase information and no amplitude information. The deleterious 
effects caused by very low, or zero, echo amplitude levels may be prevented by additional 
amplitude weighting, or "hard" thresholding. 
4 First Order Statistics of PD Images 
4.1 Zero-Crossing M e t h o d 
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Figure 4: Same as in figure 1, PD estimated by unwrapped phase method 
(UNP). Traces 2 through 6: primary smoothing window length from 1 to 21 
samples (50 MHz). 
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Figure 5: First-order statistics of 2-D phase derivative image obtained from 
simulated rf-data, ZCS method (Fig. 1). Left column: histograms obtained 
from PD images with increasing squelch amplitude. Right column: histogram 
parameters. Note different abscissas. 
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Figure β: Same as figure S for ASS method (Fig. 2). 
The 2-D rf-echogram that was simulated as described in section 2 was processed 
with five different amplitudes of the squelch signal, ranging from 1 to 121 percent, as 
before. The histograms are shown in the left column of figure 5. It can be observed 
that the histogram changes from almost exponential for the original PD data (1 percent 
squelch amplitude) to a "Rayleigh"-like curve at high amplitudes of the squelch signal. 
Summarizing statistical parameters are depicted in the right column of figure 5. The 
top three graphs show a gradual decrease of the frequency range involved which starts 
at 31 percent squelch amplitude. The mean over standard deviation, which is the "pixel 
signal-to-noise rat io" of the images, remains almost constant, although the highest value 
is found at 121 percent. It may be concluded, therefore, that a small enhancement of the 
available information is obtained by using the theoretically-optimum squelch amplitude. 
The ultimate value of the SNR equals 1.71, which is very close to the limit obtained 
for the amplitude-coded B-mode images (Thijssen and Oosterveld, 1985; Oosterveld et 
al., 1985) and which corresponds to the value for a Rayleigh probability distribution 
(Papoulis, 1965). 
4.2 Analyt ic Signal Method and Squelch Addit ion 
As was indicated in the previous section, this method yields practically identical 
results as the zero-crossing method. Again, the results at a 31 percent squelch amplitude 
level are not monotonie with respect to those obtained at 1 percent level. The statistical 
measures (Fig. 6) confirm the observations that may be made from the histograms. 
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Figure 7: Same аз figure 5 for ASW method (Fig. 3). 
4.3 Analyt ic Signal M e t h o d and Wiener Kernel 
The histograms shown in the left column of figure 7 display a tendency to less skewness 
which is more subtle than in the two previous cases. In addition, the histograms become 
significantly smoother at the higher stabilization levels (46 and 61 percent, respectively). 
The right column in figure 7 displays a gradual decrease of the frequency span of the 
images, whereas the pixel signal-to-noise ratio remains constant at 1.58 over the whole 
range of stabilization levels, from 1 to 61 percent. Therefore, increasing the stabilization 
improves just the accuracy of the SNR estimates, while no bias is present in this method. 
4.4 U n w r a p p e d Phase M e t h o d 
As remarked in the previous section, the stabilization applied to this method pro­
duces just a smoothing without the introduction of any influence of amplitude informa­
tion. One might expect, therefore, a gradual decrease of the skewness of the histogram 
with increasing smoothing level (cf. Fig. 8, left column) and a corresponding decrease 
of the mean and standard deviations. The latter decrease becomes obvious from the 
graphs in the right coliunn of figure 8. The SNR, on the other hand, displays only a 
minimal tendency to increase, reaching a final value at a 21-point window length (i.e., 
0.4 μβ) of the predifferentiation smoothing filter. The shape of the histograms does 
not change in the same way as in the other three methods. As can be seen, the low 
levels are preserved, which shows as a steep increase at these levels, but the peak of the 
histogram broadens. In other words, the tendency for a change from an exponential to 
a Rayleigh-like pdf is not found for this estimation method. 
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Figure 8: Same аз figure 5 for UNP method (Fig. 4). 
4.5 Conclusion 
The addition of an optimal squelch signal yields a small improvement of the SNR of 
the PD images. The pdf approaches a Rayleigh distribution, which is expressed in 
an increase of the SNR value. It is questionable whether a PD estimation technique 
involving a squelch signal is relevant to imaging. The first-order statistics of the PD 
images obtained with the Wiener kernel, as well as with the unwrapped phase method, 
confirm the observations made in the foregoing section. 
5 2-D Phase Derivative (PD) Images 
In this section, the images obtained from a simulation of a homogeneous and isotrop-
ically scattering medium and from a tissue phantom are shown and qualitatively eval­
uated. For a quantitative study, the reader is referred to a subsequent publication 
(Oosterveld et al., 1989). 
Figure 9 displays four rows of five images, all from the same simulation. Each row 
illustrates the effects of increasing degrees of stabilization from left to right (Section 
3). In the top row, the results from the zero crossing method are shown, where the 
amplitude of the squelch is expressed as the percentage of the maximum rf-amplitude 
over the whole picture. At 1 percent (leftmost picture in top row), a pure PD echogram 
is obtained; at 91 and 121 percent, the influence of the squelch is completed. The 
latter two pictures are rather similar to conventional (AM) B-mode images; whether the 
difference is significant cannot be decided visually. At intermediate squelch amplitudes, 
an "anomaly" occurs, which is quite evident at 31 percent. This phenomenon needs 
further exploration. 
The second row from the top displays the images obtained by the analytic signal 
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Figure 9: i-D PD images obtained from simulated rf-data. Top row: ZCS 
method: squelch amplitude from 1-121 percent. 2 nd row: ASS method: 
squelch amplitude from 1-121 percent. 3 rd row: ASW method: stabilization 
from 1-61 percent. Bottom row: UNP method: smoothing window length 1-21 
samples. 
method and addition of a squelch. The differences from the top row are very small and 
may be insignificant. 
The third row gives the results from the analytic signai method with a Wiener kernel. 
The stabilization factor ε (Section 3, Eq. (6)) is given as a percentage of the highest 
amplitude level. As before, the leftmost picture shows a pure PD echogram. In this row, 
the changes are gradual from left to right and the rightmost image displays an "AM-like" 
texture. However, the lateral "speckle" size (vertical in the images) is obviously much 
smaller than in the two top rows at high stabilization. This observation is in addition 
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Figure 10: Top row: AM image and optimum PD images of four estimation 
methods for simulated data. Bottom row: same for data obtained from tissue 
phantom. 
to the ones made in the previous sections regarding the axial texture characteristics. 
The fourth row (bottom) was obtained by the "unwrapped phase" method and the 
stabilization factor points to the length of the smoothing window as expressed by the 
number of signal samples involved (sampling rate 50 MHz). The pictures display a grad-
ual coarsening of the texture in the direction of depth (horizontal) as can be expected 
from the increasing smoothing and small changes in the contrast. The pictures are quite 
different in texture from the "optimally-stabilized" images, i.e., the two rightmost of 
the other three rows. This observation confirms the one made in the previous sections 
regarding the 1-D echograms (i.e., axial direction only): this method produces images 
exclusively based on PD information. 
A more adequate qualitative comparison between AM imaging and the various kinds 
of PD images may be made with figure 10. In the top row, the results are shown which 
were obtained from the simulated data; in the bottom row, the results are from the 
data measured in the tissue-mimicking phantom. In the top row, the similarity already 
assumed becomes evident from the AM, i.e., envelope-detected image (ENV) and the 
images from the methods employing a squelch stabilization (ASS, ZCS). The Wiener 
kernel method appears not only to yield a diminished lateral "speckle" size but also an 
increased "speckle" contrast. In the lower row, the most salient picture is the rightmost 
one, which was obtained by the unwrapped phase method. It may be clear that the low 
amplitude "cysts" are completely absent. Further conclusions that may be drawn from 
section 3 are not clearly evident. 
6 Discussion 
In this paper, a heuristic approach has been followed to assess the potential of phase-
derivative imaging, or FM imaging as it is sometimes called. The main conclusion from 
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the comparitive study of four estimation methods is that a choice can be made between 
three different images: AM-dominated PD, mixed AM-PD and pure P D . The diagnostic 
value of these possibilities is not fully assessed in this paper. Some conclusions with 
regard to this question are evidenced nevertheless. The mixed AM-PD images produced 
by the analytic signal with Wiener kernel method display a smaller lateral width of the 
"speckle" and also good outlining of lesions, both by gray level contrast and by spatial 
resolution. These properties could be highly relevant in producing a valuable alternative 
to conventional AM B-mode images. The AM-dominated PD images, on the other hand, 
do not possess these qualities and are therefore less likely candidates for this purpose. 
The pure PD images, produced by the phase unwrapping method, are so different from 
AM images that intuitive conclusions can not easily be made. It is clear, however, that 
amplitude (i.e., gray level) contrast is removed completely. Only if this information is 
replaced by a new parameter, would one expect any diagnostic value for the detection 
and differentiation of focal lesions. A likely candidate is a local instantaneous frequency 
contrast caused by the different backscattering transfer function of the lesion compared 
to that of the surrounding tissue. Evidence regarding the importance of PD images 
for the detection and differentiation of diffuse lesions may arise from a quantitative 
study of the first and second order statistics, which is described in a companion paper 
(Oosterveld et al., 1989). 
The data presented in this paper did not involve the possible effects of beam diffrac­
tion and attenuation. It may be anticipated, however, that in the process of image 
construction, problems will arise. The PD data are corrected for the mean frequency 
before rectification. Since beam diffraction influences the mean frequency in a non­
monotonic fashion when passing from the transducer face towards the focus and beyond 
(Verhoef et al., 1985), this effect has to be estimated for every transducer employed, 
and then accounted for. The attenuation produces a monotonie decrease of the centre 
frequency with increasing depth (Dines and Как, 1979; Kuc et al., 1976). Correct PD 
imaging, therefore, necessitates estimation and subsequent correction for the attenua­
tion coefficient of the tissue prior to image formation. 
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Ρ hase-Derivat i ve Imaging I I : 
Effects of B e a m Diffraction 
and Scatterer Density 
B.J. Oosterveld, R.L. Romi jn , J . M . Thi j s sen 
Abstract 
The potential of using the phase derivative (PD) of the radiofrequency echograms 
for producing two-dimensional grey scale images was further investigated. The P D 
images were produced by five different algorithms, which according to the results 
described in the companion paper yield P D images dominated by the amplitude (en­
velope, ENV), mixed PD-AM images and pure P D images. These images are termed 
according to their algorithms: ZCS, zero crossing counter with squelch; ASS, ana­
lytic signal with squelch; ASW, analytic signal with Wiener kernel; UNP, unwrapped 
phase; and SAS, smoothed analytic signal. The rf data were obtained from simu­
lations and from experiments with a tissue mimicking phantom. P D images were 
analysed by calculation of the first and second order grey level statistics: mean 
level, signal-to-noise ratio (SNR) and the full width at half maximum (FWHM) of 
the autocovariance functions (ACVF). These parameters were systematically inves­
tigated for a range of depths with respect to the transducer and a range of scatterer 
densities of the insonated medium. The UNP and SAS images do not suffer much 
from the diffraction effect but do not display much information about the scatterer 
density either. The ASW and ASS images qualitatively display beam diffraction 
effects similar to those of the AM images, with the exception of the mean value 
which is at the minimum in the focus, where the AM yields a sharp maximum at 
that depth. The mean and the SNR of the ASW and ASS images increase with in­
creasing scatterer density and saturate at a density of 5000 c m - 3 . The mean value 
of the envelope, however, displays a square root dependency over the whole range. 
The axial and lateral FWHM of the ACVF of the UNP and SAS methods are not 
significantly dependent on the scatterer density and decrease with increasing density 
for the ASW and ASS images, as was observed in the envelope images. It may be 
concluded that ASW and ASS methods produce PD grey scale images which are 
equally well suited for the diagnosis of diffuse diseases of parenchymal tissues as 
conventional AM images. The smaller "speckle" size of the ASW images might be 
advantageous, for the detection of focal lesions, but the lesion contrast is found to 
be much lower than for the ENV. 
Key words: Acoust ic speckle; B - m o d e e c h o g r a m ; diffraction; P h a s e - D e r i v a t i v e 
( P D ) imaging; F M imaging; frequency d e m o d u l a t i o n ; t e x t u r e ; 
s c a t t e r i n g ; u l t r a s o u n d . 
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1 Introduction 
The employment of the phase information in rf echo signals to construct a new type of B-
mode images is receiving increasing interest. A few clinical studies in which commercial 
frequency demodulation systems were used have even been published (Aufrichtig et al., 
1986; Ralls et al., ]986). Some time ago, we started investigating various methods to 
obtain what we call "phase derivative" (PD) images and reported preliminary results 
(Romijn et al., 1986; Oosterveld et al., 1986). Optimization of the stabilization methods 
and a comparison of the information content in the images produced by these methods 
have been reported in a companion paper (Romijn et al., 1987). 
The probability density function of the phase derivative or instantaneous frequency 
was derived by Rice (1948) and recently by Broman (1981) and Angelsen (1981). Rice 
also gave expressions for the autocorrelation function and the power spectral density. 
These only apply to the pure phase derivative. The estimate of the phase derivative, 
however, necessitates involvement of a stabilization, which will unavoidably affect the 
statistics of the phase derivative. Furthermore, we have chosen to use the rectified 
centralized phase derivative and to apply a smoothing operation before the imaging. 
This will affect the statistics even more. In the third paper in this series (Thijssen et 
al., 1989), we will derive expressions for the statistical properties of this kind of images. 
The analysis of the first order statistics in our first paper (Romijn et al., 1987) revealed 
some quantitative insight in the statistical texture characteristics of echographic PD 
images. 
In this paper, we discuss other interesting questions, which were investigated for 
conventional B-mode images and reported on by the present authors (Thijssen and 
Oosterveld, 1985; Oosterveld et al., 1985; Thijssen and Oosterveld, 1988). These concern 
the sensitivity of the PD images to the inhomogeneity of the sound beam due to focussing 
and diffraction ("diffraction effect"), and to the information contained in the images 
regarding the density of the scattering structures within the insonified medium. It is 
this latter question, that should be addressed in order to be able to assess the potential 
clinical relevance of PD imaging techniques. 
2 Estimation of PD Echograms 
In a companion paper (Romijn et al., 1987), we described four different methods for 
estimating and stabilizing the phase derivative. In addition to these methods, a fifth 
method will be discussed here which was originally proposed by Angelsen (1981) for the 
estimation of the frequency shift in Doppler signals (FM demodulation). 
One can distinguish three different methods for estimating the phase derivative from 
the rf-signals: 
• First, the estimation of the inverse of the time between successive zero crossings. 
• Second, the estimation of the instantaneous phase from the rf signal e(t) and its 
Hilbert transform ë(t) after unwrapping of the phase. One can determine its time 
derivative: 
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• In the third method, the derivation is performed first on the arctangent which 
yields: 
m =
 e(l)g(i) - e'Wt)
 ( 2 ) 
where α(ί) = e(t) + jè(t) is the analytic signal corresponding to e(i) and |α( ί) | is 
the envelope. We refer to this method as the analytic signal method. 
Stabilization of equation 2 is necessary because the envelope |a(<)| can become very 
small or even zero. Three stabilization techniques were used: addition of a squelch 
signal, weighting with a Wiener kernel and smoothing. We investigated five combi­
nations of estimation and stabilization of the phase derivative. For imaging purposes, 
each method was followed by the estimation and subsequent subtraction of the average 
instantaneous frequency followed by full wave rectification and low-pass filtering. 
1. Zero crossing density with the addition of a squelch signal (A,sin(w,t)) that is 
abbreviated as ZCS. As can be seen in figure 1, the time intervals (τ) between the 
zero crossings were estimated and the inverse of the intervals was then calculated 
(i.e., the instantaneous frequency). 
2. Analytic signal method with the addition of a squelch signal (A, sin(u>
a
i)) abbre­
viated as ASS (figure 1, second column from left). The method proceeds with the 
calculation of the Hilbert transform of the resulting signal, e(<) + А,5іп(и>3і) fol­
lowed by the calculation of the envelope |a(f) | and the phase derivative according 
to equation 2. 
3. Analytic signal method with a weighting by a Wiener Kernel (ASW). This method 
is illustrated in the third column from the left in figure 1. Since the first part of 
the calculations is identical to the one used in the previous method (ASS), this 
part is left open in the scheme. After the estimation of ф'(і) using equation 2, 
the centre frequency of the pulse of the employed transducer (ш
с
) is subtracted 
and the result is then multiplied by a "Wiener" kernel as given in equation 6 in 
(Romijn et al., 1987): 
Ф'(і) = 
( і Ж ? ^ - « . ) + «« «WOK« 
(3) 
1 Ф ) if |α(ί)| > ε 
where ф'(і) = stabilized estimate of the phase derivative, 
ε — fraction of the maximum signal amplitude. 
4. Unwrapped phase method (UNP), which is shown in the right column of figure 1. 
The instantaneous phase is estimated by taking the ratio of the Hilbert transform 
and the original rf signal and applying the arctangent operator as in equation 1. 
"Unwrapping" of the phase signal is necessary because of the modulo 2π output 
of the algorithm. Stabilization is achieved by low-pass filtering the unwrapped 
phase prior to derivation. 
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ZCS SAS (ASS) ASW UNP 
Aeelna»et 
A M ι 
^¿-
PO 
Figure 1: Block diagram of the five methods of estimating the Phase Deriva-
tive (PD) echograms from the rf data. ZCS = zero crossings counter with 
squelch signal addition, SAS = smoothed analytic signal method (Papoulis, 
1965). ASS = analytic signal method with squelch addition, ASW = ana-
lytic signal method with Wiener kernel, UNP = unwrapped phase method (cf. 
(Romijn et ai, 1987)). The addition of the squelch signal to ASS is shown 
between brackets. The low-pass filters before the divisan in SAS do not apply 
to the ASS and ASW. 
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5. Smoothed analytic signal method (SAS). In this method, the denominator and the 
numerator of equation 2 are smoothed separately before the division is performed 





 (RTF) ' (4) 
where (.) denotes a smoothing operation. The stronger the smoothing, the more 
effective the stabilization will be. 
We concluded before (Romijn et al., 1987) that both methods using squelch stabi-
lization, ZCS and ASS, produce identical PD images. Since our results confirm this 
conclusion, we only reproduce the images and results of the ASS method in the figures. 
3 M e t h o d s 
The data employed in this study consisted of rf echograms obtained by computer sim-
ulation or by experiment. 
3.1 Simulations 
The computer simulated rf data were obtained by using the software package developed 
at our laboratory (Verhoef et al., 1985). This package consists of a part which simulates 
ultrasound production and reception by a focussed transducer (impulse response method 
(Stepanishen, 1971; Verhoef et al., 1984)) and a part that simulates a three-dimensional 
volume containing randomly distributed point scatterers. Two-dimensional line scans 
were produced by changing systematically the position of the transducer in a single 
plane with respect to the medium. The statistical properties of the B-mode scans 
obtained were verified by experiments (Oosterveld et al., 1985), which showed that the 
simulations are realistic. 
In the simulations, a circular single element transducer was employed with the fol-
lowing characteristics: centre frequency 5 MHz, standard deviation of the Gaussian 
spectrum 1 MHz, diameter 13 mm, focus at 8 cm and uniform surface velocity weight-
ing function. The medium had a 1500 m/s sound velocity, no attenuation, and contained 
randomly distributed point scatterers with an average volume density as indicated with 
the results of the simulations. The simulated rf signals were sampled at 50 MHz. 
3.2 Exper iments 
The effects caused by beam diffraction and focussing were investigated by the registra-
tion of rf-echograms from a tissue-mimicking phantom. The phantom was identical to 
the one employed in the former study on B-mode echograms (Oosterveld et al., 1985). 
It consisted of a 5 percent gelatin base material in which carbon powder (30 /im) was 
stirred before the congealing. The density of the scatterers was approximately 10Б c m - 3 , 
the sound velocity was 1526 ± 10 m/s, and the attenuation 0.15 ± 0.02 dB/cm.MHz. 
The transducer (Picker) had a diameter of 13 mm and the focus at 7.25 cm. The central 
frequency was 5.6 MHz and the "standard deviation" of the Gaussian spectrum was 1.1 
MHz. The transducer was connected to a custom-made transmitter/receiver with a 30 
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MHz bandwidth. The rf signals were low-pass filtered by a 15 MHz 4th-order Chebyshev 
filter. The signals were digitized by a transient recorder (Biomation 8100) with a 50 
MHz sampling rate (8 bits). The measurements were performed in a tank containing 
degassed distilled water at room temperature. The rf signals were time windowed at a 
depth 0.5 cm below the top surface of the phantom. The shift in the central frequency 
due to the attenuation in the phantom ( Δ / « 0.01 MHz) was neglected. 
The various methods of producing PD echograms are illustrated by a clinical exam­
ple: liver echogram of a healthy subject. This echogram was obtained with a mechanical 
sector scanner (Sonoline 3000, Siemens) employing a 3.0 MHz transducer. The data ac­
quisition was performed with a custom-made online system (Kruimer et al., 1985) at a 
digitization rate of 12 MHz (8 bits deep). 
A squelch frequency of 8 MHz was employed in the simulations and experiments 
with the 5 MHz transducer. For the in-vivo example, a squelch frequency of 3.0 MHz 
was used, the centre frequency of the returned echo signals decreasing from 1.9 MHz to 
1.6 MHz. The amplitude of the squelch signal was taken 120 percent of the maximum 
amplitude of the rf signal. The stabilization term in the Wiener kernel (ASW method) 
was taken at 30 percent of the mean signal power. The smoothing of the unwrapped 
instantaneous phase (UNP) was performed by a 21 point sliding cosine window (du­
ration 0.4 μβ). In (Romijn et al., 1987), these figures were estimated to yield optimal 
PD images. The final smoothing operation (low-pass filter) on the rectified PD was 
performed by the sanie 21 point cosine window: 
- ( n ) = i [ l - c o s ( ^ ) ] , (5) 
with N = 21 
The first and second order statistics of the PD images were calculated from the 
"grey level" histograms (mean, and mean over standard deviation, SNR) and from the 
autocovariance functions (ACVF). The two-dimensional ACVF is defined as: 
R(x,y) = jJdx'dz'{A(x',z') - (Α)}{Α(χ·+χ,ζ'+ζ) - {A)}, (6) 
area 
where A stands for the echo amplitude when the envelope is considered, or, in the 
present case, for the rectified and smoothed PD. 
4 Results 
4.1 First and Second Order Stat ist ics as a Function of D e p t h (Diffraction 
Effects) 
4.1.1 Simulat ions 
The PD images obtained from the simulated two-dimensional rf data are shown in figure 
2 (increasing depth from left to right). The amplitude demodulated images indicated 
by ENV are shown as well. A general trend can be visually appreciated that applies 
to the series produced by all the methods: just as in the envelope images, the lateral 





Figure 2; Simulated grey scale images displaying the effects of beam diffrac­
tion and focussing. The size of each image is 2 cm in the lateral (—vertical) 
direction and 0.5 cm in the axial direction. The transducer is on the left 
transmitting to the right. The distance from the transducer to the tissue are 
from left to right 2,4,6,8,10,12,Ц,16 cm indicated in the figure, (a) envelope 
(ENV), (b) ASW, (c) ASS, (d) UNP, (e) SAS. 
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of the mean grey level cannot be appreciated, because each image was normalized to 
fit in the 64 grey levels of the display system. Furthermore, ASW echograms display 
a lateral speckle size smaller than that of the envelope or any of the other PD images. 
Finally, the UNP and SAS methods produce a texture that is different from that in all 
the other methods shown in figure 2 ("spaghetti-like"). 
We observe that the UNP method produces the purest PD images. In the other 
methods, envelope information is mixed to some extent with the PD information. The 
SAS images are closest in appearance to the UNP images. The ASW method incorpo-
rates envelope information to a "medium" extent. The ASS images are so much like the 
envelope images, that one has to conclude that not much PD information is left after 
the stabilization by a squelch signal. 
Following this qualitative description of the most obvious characteristics of the PD 
images and of the effects of beam diffraction, we discuss the quantitative data of the first 
and second order statistics. The effects of beam diffraction on the first order statistics 
can be appreciated from figure 3. The analytic signal methods (ASS, ASW and SAS) 
display a trough in the depth range of the mean PD level at, or around, the focus as 
does the SNR vs. depth. As can be seen, the average of the envelope peaks at the focal 
distance, where the SNR has a minimum as well. The transient behaviour of the mean 
of the envelope was attributed to the enhancement of the local intensity by focussing. 
The minimum of the SNR in focus was explained by the decrease of the sampling volume 
below a limit where the number of scatterers produces fully developed speckle (i.e., a 
Rayleigh pdf, with SNR = 1.91). These explanations may be applicable to PD images, 
because, as will be discussed below, the mean and SNR of the PD also depend on the 
scatterer density. The underlying mechanism is most probably the influence of echo 
amplitude inherent in the "stabilization" methods employed in the estimation of the 
PD. 
The second order statistics are shown in figure 4. The axial FWHM of the ACVF 
appears to be fairly independent of depth for all the PD estimation methods (figure 
4"). The PD data parallel the envelope data, but are 20 to 30 percent larger. The 
lateral FWHM data (figure 4b) gradually increase from a depth of 2 cm till beyond the 
focus (at 10 cm) and then stabilize, while the envelope data display a small decrease at 
large distances. The lateral size of the speckle of the ASW is of the order of 15 percent 
smaller than the ASS and the envelope. The UNP and SAS methods yield apparently 
an even smaller lateral size. This observation is not consistent with figure 2, where the 
lateral extent is shown to be larger. The explanation for this discrepancy is the strict 
processing of the autocovariance along the linear axial and lateral directions, while the 
UNP and SAS methods yield curled speckles. 
4.1.2 E x p e r i m e n t s 
The effects of beam diffraction and focussing were investigated also by measure-
ments with a tissue phantom. (Fig. 5). The results regarding the envelope of these 
measurements were in close agreement with the simulations, although in the previous 
publications (Thijssen and Oosterveld, 1985; Oosterveld et al., 1985; Thijssen and Oost-
erveld, 1988) a density of 1000 c m - 3 was used for the latter. As can be seen in figure 
5°, the mean PD value does not change consistently with increasing depth. The UNP 
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Figure 3: First order statietica of simulated PD images and ENV images 
vs. depth (cf. Fig. 2). (a) mean grey level (frequency, amplitude), (b) sig-
nal-to-noise ratio (SNR). 
method produced mean values which are approximately 60 percent higher than for the 
other methods. The experimental envelope data showed a 200 percent increase of the 
mean in the focus. 
The experimental SNR results are shown in figure 5b. As a general conclusion, it can 
be stated that at or near the focus, a minimum occurs, which confirms the simulation 
results (Fig. 3b). The SNR values obtained by the ASS method appear to be higher than 
1.91 (i.e., for a Rayleigh distribution), as was observed for the simulations (Fig. 3'). The 
SNR of the envelope shows a small but significant decrease in the focus (Oosterveld et 
al., 1988) which confirms the simulation result (Fig. 3'). 


















12 4 β I 








2 4 β β 10 12 
distance to transducer (cm) 
Figure 4: Second order Í talis tics of simulated PD images and ENV images 
vs. depth (cf. Fig. 2). (a) axial full width at half maximum (FWHM) of the 
ACVF, (b) Lateral FWHM of the ACVF. 
The experimental results of the PD speckle size (ACVF) are shown in figure 6. The 
axial FWHM displays almost no dependence on the distance to the transducer. Only 
the ASS method shows a small continuous increase in the axial size with distance. It 
might be concluded that the axial FWHM is not much influenced by beam diffraction 
and focussing. From figure 4a and figure 6°, it becomes clear that the axial FWHM for 
the PD methods is consistently larger than for the envelope. 
In figure 6b, the lateral FWHM of the PD speckle of the experimental data is dis-
played vs. distance. The relative increase with increasing depth is of the same order of 
magnitude as for the simulated data (Fig. 4fc). 
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Figure 5: First order statntici of experimental PD images and ENV images 
vs. depth, (a) mean grey level (frequency, amplitude) (b) SNR. 
4.2 First and Second Order Statistics as a Function of Scatterer Density-
Figure 7 displays examples of envelope and PD images obtained from simulations 
with varying density of scatterers. Because of the normalization of the gray levels in 
the various pictures, the changes in mean level are not displayed in figure 7. However, 
severa] observations can be made with respect to the texture: 
• the analytic signal method with squelch stabilization (ASS, Fig. 7C) yields pictures 
which are quite similar to the envelope pictures (Fig. 7") as regards the size of 
the speckle and the gaps at low scatterer densities. The axial as well as lateral 
speckle sizes gradually decrease with increasing density. 
• The Wiener kernel method (ASW, Fig. 7b) shows a distinct decrease of the axial 
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Figure β: Second order statistics of experimental PD images and ENV 
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А С VF. 
speckle size. The lateral size is smaller than for the envelope and the ASS method 
over the whole range of densities and decreases also. 
• The unwrapped phase method (UNP, Fig. 7d) and the smoothed analytic signal 
method (SAS, Fig. 7') yield a definitely different kind of "speckle", which does 
not apparently depend on the density. (Oosterveld et al., 1986) 
In our previous paper (Romijn et al, 1987), we already concluded that the ASW 
method produces a display that is a mixture of amplitude and instantaneous frequency 
information. The results in figure 7 point to another important observation: the speckle 
density in these images is higher than for the envelope and ASS method. 




Figure 7: Grey scale images of ENV and PD methods (ASW, ASS, UNP 
and SAS) simulated with scatterer density ranging from 100 c m - 3 to 2.10* 
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Figure 8: First order itatistics of PD and ENV images (cf. Fig. 7) for a 
range of scatterer densities, (a) mean grey level (frequency, amplitude), (b) 
SNR. 
In figure 8, the first order statistics of the PD methods, as well as of the envelope 
(Angelsen, 1981; Thijssen et al., 1989), as a function of scatterer density, are shown. The 
PD methods involving the envelope magnitude (ASS, ASW) produce an increase of the 
mean in the range of densities from 100 to approximately at 5000 c m - 3 and then level 
off at a constant value. The average amplitude of the envelope in figure 8° is displayed 
by using a logarithmic ordinate, and thus demonstrates a square root dependence. The 
UN Ρ and the SAS data do not display any significant change of the mean value with 
density. 
The SNR d a t a are summarized in figure 86. The envelope and ASS method approach 
a limit value above densities of the order of 5O00 c m - 3 . For the envelope, this limit equals 
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F i g u r e 9: Second order statistics of PD images and ENV images (cf. Fig. 7) 
for a range of scatterer densities, (a) axial FWHM of the ACVF, (b) lateral 
FWHMofthe ACVF. 
1.91, which corresponds to a Rayleigh distribution. The ASS method yields somewhat 
higher values than the envelope. The SNR produced by the ASW, SAS and UNP 
methods reaches a limit lower than 1.91: in the order of 1.60. It is even questionable 
whether the SNR produced by the UNP and SAS methods is dependent on the density 
at all. 
The second order statistics of the PD methods are shown in figure 9, again over a 
range of scatterer densities from 100 cm"3 to 2.104 c m - 3 . Figure 9" displays the FWHM 
of the axial ACVF. The axial speckle size of the envelope decreases continuously with 
increasing density. The ASS and ASW methods also show a decrease. This decrease 
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is less pronounced than for the envelope. The SAS and UNP methods show almost no 
variation of the axial speckle size with density. 
The results for the FWHM of the lateral ACVF (Fig. 96) are quite similar to those of 
the axial ACVF in figure 9°. The ASS method follows closely the results of the envelope, 
whereas the ASW method yields a significantly lower, but still decreasing, size. The 
UNP and SAS methods display a low but constant lateral size. 
When summarizing these results, it follows that the axial FWHM decreases by 25 
percent (ENV, ASS, ASW) and the lateral width by 25 percent (ENV and ASS) and 
by 35 percent for the ASW method. Furthermore, none of the first and second order 
statistical parameters of the UNP nor of the SAS images exhibit a significant dependence 
on the scatterer density, a factor that excludes these methods for the differentation of 
diffuse diseases by PD texture analysis. A final conclusion from figure 9a and 9b is that 
the ASW method yields a much smaller speckle size than the envelope and the ASS 
method (of the order of 15 (axial) to 25 (lateral) percent). Therefore, the area of the 
speckle cell (Wagner et al., 1983) produced by the ASW method is 60 percent of that 
produced by the envelope or the ASS method. For this reason, the ASW method offers 
a better means to detect focal lesions in a homogeneous tissue. 
The devised PD estimation techniques are illustrated by a B-mode echogram ob-
tained in vivo (Fig. 10). The region-of-interest (ROI) is indicated in the centre by a 
bright sector. The rf data from this region were collected in a single B-mode scan and, 
after complex demodulation, redisplayed without compression as an ENV image (Fig. 
11, top). It can be noticed that the axial speckle size in the PD images is coarser than 
that of the ENV image. This is due to the final low-pass filtering of the PD data. The 
ASW shows a distinctly smaller lateral speckle size and some of the strong reflections 
are lost, but the contrast and the resolution for low reflective small areas (hepatic ves-
sels) seems to be improved as compared to the ENV image (cf., Romijn et al, 1987). 
The ASS method produces a lateral speckle size comparable to the ENV image and the 
high contrast regions are preserved. The UNP and the SAS images display a curled and 
laterally broad texture with a complete absence of the low reflective regions (vessels). 
5 Discussion 
The results presented in this paper confirm the conclusions presented in our previ-
ous paper (Romijn et al., 1987). The squelch stabilization technique (ASS and also 
ZCS) produces envelope dominated PD images, the Wiener kernel stabilization (ASW) 
produces mixed ENV-PD images and the stabilization methods that involve only a 
smoothing (SAS and UNP) procedure pure PD images. 
The PD images were obtained after rectification and subsequent low-pass filtering of 
the instanteneous phase derivative minus its local average. This procedure is analogous 
to that employed to process the rf signals when producing B-mode images. However, 
one should keep in mind that like the envelope, the phase derivative is a low frequency 
process (Rice, 1948), which means that the spectra lie around ƒ = 0. For this reason, 
it is not possible to apply the complex demodulation procedure to the PD signals. 
(Whalen, 1971). 
All the stabilization methods yield PD images that suffer from beam diffraction 
effects. However, the extent is not the same for all these methods. The expectation 
CHAPTER III 57 
Figure 10: Original B-mode of liver of healthy subject; region of interest 




Figure 11: From top to bottom: (a) redisplay of ENV of ROI in figure 10, 
(b) ASW, (c) ASS, (d) UNP, (e) SAS. 
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value of the unrectified instantaneous phase derivative is equal to the centroid frequency 
(Angelsen, 1981; Thijssen et al., 1989). The local average of the PD is an approximation 
of the local centroid frequency. The depth dependence of the PD is the same as that of 
the centroid frequency (Verhoef et al, 1985). The subtraction of the local average of the 
PD prior to the rectification removes this depth dependence. As a result, the mean PD 
estimated from the images (Figs. 3°, 5") shows a depth dependence which differs from 
that of the centroid frequency. The purest PD images, obtained using the UNP method, 
show no significant beam effects at all. The mixing of PD with envelope information is 
the cause of the diffraction effects found with the other methods. The same applies to 
the SNR. The second order statistics obtained by all the methods behave in the same 
way as the envelope. In the axial direction, there is almost no depth dependence and 
in the lateral direction, the speckle size increases until beyond the focal zone. 
The stabilization methods that show the least beam influence (UNP and SAS) un-
fortunately also show the least sensitivity to the density of scatterers representing the 
tissue influence. Mixing more and more envelope with the PD (ASW, ASS) causes the 
PD images to become more and more sensitive to the density. This holds for all first 
and second order parameters that were investigated. 
The ASS method yields images that look very much like the envelope images. The 
parameters calculated from the ASS images also show the same behaviour as the param-
eters from the envelope images, except for the average as explained above. The SNR 
found from the ASS images is 25 percent higher than the SNR found from the envelope. 
This may be attributed to the low-pass filter operation applied after the rectification 
of the PD to remove the sharp peaks. The filter reduces the standard deviation, but 
keeps the average the same which results in higher SNR. All the PD images yield larger 
axial speckle sizes than the envelope, which also may be attributed to the final low-pass 
filter, to some extent. 
The ASW, SAS and UNP methods yield smaller lateral speckle sizes than the en-
velope as calculated with the lateral FWHM of the ACVF. The grey scale images in 
figures 2 and 7, however, indicate that this conclusion only holds for the ASW method. 
The SAS and UNP images show laterally extended curly speckles that are not aligned 
in the lateral direction. The calculation of the FWHM strictly in the lateral direction is 
not able to take this effect into account. The ASW, SAS and UNP methods also yield 
smaller SNR values than the envelope if the density of scatterers is high enough. 
The ASS images do not add information about the scatterer density within the tissue 
to the information that can already be obtained from the envelope images. The observa-
tions made in reports of clinical studies (Aufrichtig et al, 1986; Ralls et al., 1986) on the 
use of PD images obtained by a squelch method mainly concern an improved visibility 
of local abnormalities in the texture. The conclusion that this implies a correlation to 
hepatic structure is, however, questionable. The improvement was described by these 
authors as a connection of individual speckles in the depth direction. This tendency can 
be explained by the results in figure 9, where it is shown that the ASS method yields 
an axial speckle size 40 percent larger than the ENV method. The increased speckle 
contrast mentioned in (Aufrichtig el al, 1986; Ralls et al., 1986) can be explained by 
the very small dynamic range of the PD signals as compared to the ENV signals. This 
effect is caused by the (partial) removal of the amplitude information: specular reflec-
tion levels do not differ much from speckle levels in PD images. The speckle contrast is 
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then blown up by employing the full gray level range. 
The SAS and UNP images do obviously not provide any information about the tissue 
at all. The ASW images which we qualified as mixed ENV-PD are the only sort of PD 
images that may add information to the information obtained from the envelope. The 
observation made in (Romijn et al, 1987), that the ASW method yields smaller speckle 
sizes, is confirmed by the results presented in this paper (Figs. 2b, 7k and И 6 ) . Since 
all four of the calculated statistical parameters depend on the density of scatterers, this 
observation may prove to be important. These properties may make the ASW image 
well suited for the detection of focal lesions, a task which benefits from having a large 
number of independent speckles within the lesion area (Smith et al., 1983). 
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Ρ hase-Derivat i ve Imaging III: 
Theoretical Derivation 
of First and Second Order Statistics 
J.M. Thijssen, B.J. Oosterveld, R.L. Romijn 
Abstract 
The echosignal obtained from a homogenous and isotropically scattering medium 
can be described as a Poisson time series which is convolved with the transmission 
pulse of the transducer. The probability density function (pdf) of this signal ap­
proximates to a Gaussian pdf for a narrowband pulse waveform. Methods to derive 
the phase-derivative (PD) signal from the complex envelope and the preenvelope 
of the echo signal are described. The first order pdf of the PD asymptotically be­
comes a Gaussian pdf by smoothing. Since the rectified PD is employed to obtain 
2-dimensional grey scale images, the first order pdf as well as the signal-to-noise 
ratio (SNR.) of this signal are also derived. The rectified PD is further smoothed 
by a cosine time window prior to the imaging. The SNR and the autocorrelation 
function (in the axial direction) of this latter signal can be derived under the as­
sumption of a Gaussian spectrum of the transmission pulse. These first and second 
order characteristics of the PD images are calculated for the conditions employed in 
simulations and experiments reported previously and are quantitatively compared 
to the values obtained from these. 
Key words: Phase-Derivative imaging, FM, instantaneous frequency; acoustic 
scattering medium, demodulation. 
1 Introduction 
The growing interest in the imaging of the phase information of echographic signals 
(Ferrari et al., 1982a, 1982\ 1984; Seggie et al., 1985°, 19856; Komaili et al., 1986; 
Tsao et al., 1987; Romijn et al., 1987; Oosterveld et al., 1986) induced a programme in 
the authors' laboratory for a systematic evaJuation. The approach reported on in two 
recent papers (Romijn et al., 1987; Oosterveld et al., 1989) was basically similar to the 
one followed in the assessment of amplitude demodulated B-mode images (Thijssen and 
Oosterveld, 1985; Oosterveld et al., 1985; Thijssen and Oosterveld, ІЭв? 0; Thijssen et al., 
1987*). However, prior to the evaluation of the so-termed phase-derivative (PD) images 
a study was performed to assess the influence on the first and second order statistics 
of various approaches to estimate the PD, as well as of the degree of "stabilization" 
(Romijn et al., 1987). It was shown that the methods employing a squelch signal 
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(Requicha, 1974) yield PD images which are dominated by the envelope and, therefore, 
resemble greatly the conventional B-mode (ENV) images. The method employing a 
Wiener Kernel to stabilize the PD signals could be characterized as a mixing of envelope 
and phase information and finally also "pure" PD images were obtained, by using the 
time derivative of the unwrapped smoothed phase. 
The second paper (Oosterveld et al., 1989) described quantitatively the first and 
second order statistical parameters of PD images derived by using five different es­
timation methods. These parameters were calculated from data obtained by realistic 
3-dimensional simulations of homogeneous media containing isotropically and randomly 
distributed scatterers. A large range of volume densities of the scatterers was employed. 
Moreover, the "diffraction effects", i.e., the influences of beam diffraction and focussing, 
on the statistical parameters were investigated. 
In this paper the first order statistics of the PD signals are analytically derived in 
a stepwise fashion. The derivations are performed for the stabilization method which 
was called SAS in the second paper (Oosterveld et al., 1989). First the concept of 
the PD is introduced while employing the complex envelope as well as the preenvelope 
(or analytic signal) of the rf signal. The first order probability density functions of 
envelope, phase and phase derivative are obtained. In the next chapters a method for 
estimating the stabilized PD signal is discussed, which produces a Gaussian pdf in a 
good approximation. Then the mean, variance, and signal-to-noise ratio (SNR) of the 
rectified PD are derived from the pdf under the assumption of a Gaussian transmission 
pulse. Finally the smoothing prior to the display of the rectified PD is introduced and 
analytic expressions for the SNR and the autocorrelation function are obtained. 
2 Echogram of a Homogeneous and Isotropically Scattering 
Medium 
Biological tissue is modelled as a medium with a constant speed of sound, containing 
scatterers which are distributed at random. The latter characteristic implies a homo­
geneous and isotropic distribution in space. For simplicity, the backscattering transfer 
function is taken to be frequency independent. The signal generating process can be 
considered then as a time series of impulses corresponding to a Poisson process. The im­
pulses are convolved with the received echo waveform h(t). This waveform is depending 
on the transmit/receive characteristics of the transducer, the transfer characteristics of 
the medium (attenuation) and the backscattering properties of the inhomogeneities 
within the medium. In the following, the medium is considered homogeneous and 
isotropic and attenuation is not taken into account. It is further assumed that the 
plane wave approximation is valid. The impulses are characterized by a random ampli­
tude a
m
 and a phase <£
m
. The phase can either be 0 or π, depending on the impedance 
of the scatterer with respect to that of the surrounding medium. The echo signal x(t) 
(see Fig. 1°) can then be written as: 
χ{*) = Σ a m M < - < m ) c O S 0
m I (1) 
m = l 
where i
m
 = time of flight of the echo from scatterer m, t
m
 S (Ο,Γ) 
Τ = duration of the echosignal 








Figure 1: (a) Radiofrequency echogram x(t) (Full time range — 7.5 μβ, 
fe = 7 MHz), (b) Hilbert transform χ(ί). (с) Cosine component o(<). (d) 
Sine component b(t). (e) Envelope e(i). (f) Instantaneous phase ö(£) (range: 
- π / 2 to +π/2). (g) Phase Derivative ö(i) (range: 3 to 11 MHz). 
N — number of echoes during time Τ (i.e., number of scatterers within 
the sampled volume). 
The spectra of x(<) and the related waveforms discussed further on are shown in figures 
2 a through 2". 
Taking the effective duration of the pulse waveform h(t) equal to τ and the band­
width β = 1/τ, it can be stated that the transmission pulse is relatively narrow band 
if τ > Τ/Ν, or β « Ν/Τ. For this condition, it can be shown (Middleton, 1951, 1960) 
that the first order probability density function of x(t) is asymptotically Gaussian (cen­
tral limit theorem). The power spectrum of x(t), which is the Fourier transform of its 
autocorrelation function, can be derived from the characteristic function (Middleton, 
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frequency (MHz) 
Figure 2: (a) through (e) Amplitude ipectra corresponding to the signals 
in figures Ia through 1'. (f) Spectrum of preenvelope Xp(t). (g) Spectrum of 
complex envelope ¿(<). 
1951) and it approximates to: 
Szx{ƒ) « γ ( ο ^ cos2 <t>mWh(f))T 
where wh(f) = 2[Я(./')|2/"г,_іп which # ( ƒ ) is the Fourier transform of h(t), and 




 — ± 1 the term cos2 ф
т
 can be replaced by 1. Introducing η = Ν /Γ , the 




(f) = 2па2|Я(/)|2 (3) 
where o 2 = (0^)7-. 
Because homogeneous scattering is assumed, the averaging in equations 2 and 3 can 
be performed over an ensemble of signals, or over duration Γ of a single echo signal. 
The thus derived spectrum is still narrowband because only the power spectrum of the 
transmission pulse is present in the foregoing equations. 
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3 Phase Derivative and its Statistics 
As was remarked before, x(t) is a Gaussian stochastic process. Therefore, the complex 
envelope z(i) is a complex Gaussian variable (Papoulis, 1965; Whalen, 1971). We can 
decompose x(t) by writing: 
x(t) = a(t) cosш
с
1 — b(t) sinu)
c
t (4) 
where a(t) and b(t) are the cosine and sine components of x(t) (Fig. I" and 1 , respec­
tively), which can also be shown to be real Gaussian processes (Middleton, 1960), and 
UJC is the central frequency of the narrow band signal x(t). The complex envelope is 
defined as: 
x(t) = α(ί) + ib{t) = e(<) exp{i0(<)}, (5) 
(and its spectrum is shown in Fig. 2e) where 
e(<) = |¿(í) | = {a2(<) + 6 2 ( i )} ' = envelope (Fig. 1'), (6) 
(і) = arctan{&(i)/o(i)} = instantaneous phase. (7) 
The phase derivative (PD) is defined as: 
The instantaneous phase of the rf echogram in figure I a is shown in figure 1Λ Note 
the jumping between —π/2 and + π / 2 (i.e., no unwrapping applied). The PD of the rf 
signal in figure 1° is displayed in figure I я . The complex envelope has a circular joint 
Gaussian pdf (Middleton, 1960) 
ρ , Μ ) = (2πν.)-1 exp{-[a2(<) + Ь2(і))/2ф}, (9) 
where 






 = ( 2 * ) " ƒ 5 M ( ƒ ) ( ƒ - ƒ , ) " # (10) 
о 
are the central moments of the spectrum. The formulation in equation 9 is equivalent 
to a random walk in 2-D space. 
In practical situations, it is more convenient to use the analytic signal (preenvelope) 
¡Гр(<), rather than the complex envelope, to calculate the phase derivative (Whalen, 
1971): 
r p ( i ) = * ( i ) + ix(t), (11) 
where 
i(<) = ( 1 / 7 r )/(r~F) d i ' ' ( 1 2 ) 
о 
is the Hilbert transform of x(t) (see Fig. 1 ). 
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Using equation 4, it can easily be shown that: 
x(i) = a(t)sinu)ct + b(t)cosui
c
t. (13) 
Insertion of equations 4 and 13 in equation 11 yields the preenvelope: 
xp(t) = {a{t) + ib{i)} ехр(гиМ) (14) 
= e(í)exp{i[ucí + e(<)]} (15) 
= e(í)exp{t0(<)}, (16) 
where e(f), and (і) are identical to those given in equations 6 and 7 and (<) is the 
angular phase as defined in the preceeding papers (Romijn et al, 1987; Oosterveld el al., 
1989). The spectrum of the preenvelope of the rf signal in figure 1° is shown in figure 
2 ' . 
It can be concluded from equation 14 that ΐρ(<) also has a circular Gaussian pdf. 
When comparing equations 5 and 15, it becomes immediately clear that the only differ­
ence that will occur when estimating the phase derivative from the preenvelope instead 





/2ж. For that reason, the discussion in the following chapters applies 
equally well to the analytic signal method. 
As was shown by Rice (1948) (see also (Angelsen, 1981; Broman, 1981)), the proba­
bility density functions of the parameters listed in equations 6, 7 and 8 can be derived 
by partial integration of the joint pdf: 
ρ^Ε,Ε,θ,έ) = Е2(4т 2В)ех {-М2Е2/2В + M0{È2 + Е2 7)}, (17) 
where В = МоМг and in which it has been assumed that the spectrum of x(t) is 
symmetric, hence Mi = 0. It then follows that: 
Vl{E) = .Е/,/>ехр{-Д2т (Rayleigh pdf), (18) 
ρ^β) = 1/2π (uniform pdf), (19) 
Pl{è) = i ( M 0 / M 2 ) i ( l + M 0 f l 2 / M 2 ) - ì . (20) 
The latter equation can be further specified for a signal with a Gaussian spectrum: 
ρ
λ
{θ) = 2π2σ2/{4πΐσ2 + fl1)"! (21) 
where σ/ = the standard deviation of Gaussian spectrum (Мг = 4π2σ2ψ). A plot of 
the pdf as given by equation 21 is shown in figure 3° together with a histogram of the 
PD obtained by simulation of an echogram (Oosterveld et al., 1989). 
As was shown by Rice (1948), the mean value of θ equals zero and its standard 
deviation is infinite, because the second order moment of pi(fl) does not exist. The 
full-width-at-half-maximum (FWHM) of the pdf (Eq. 21) can be calculated: 
ΓννΗΜ = 1.53(2πσ/) (22) 










0 0 0 
θ. (2π/μ3) 
Figure 3: (α) Histogram of unsmoothed PD derived from simulated 
echograms (f
c
 = 5 MHz). Drawn line indicates pdf obtained with equation 
21. (b) Histogram of PD obtained by implementing a 16-point rectangular 
pre-smoothmg filter (cf. Eq. 29). Drawn line indicates best fitting Gaussian 
pdf. 
4 Estimation of Phase Derivative 
When the phase derivative is estimated from the complex envelope, it is convenient to 
remove the extreme values (to prevent overflow of the computer), by averaging over 
time (smoothing). For that reason, a different approach to the phase derivative will be 
followed now: 
{è(i)) = [Jusii(u)du]/[jsii{u,)M 
о 0 
Employing the Wiener-Kinchine relation: 
Suif) = \Xii(f)\2 = ƒ K¿i(T)eXp(-iu,-r)<ÍT 
—σο 
where Л ^ - ( т ) = (x*(t)x(t + τ)) is the autocorrelation function of x(t), 
(.) means ensemble averaging, and 
* means taking the complex conjugate. 
Then with equation 5, it follows from this definition (Papoulis, 1965): 
Д
і і ( Т ) = ^ U 7 " ) + ' M 7 " ) + г{Даь(т) - ЯьДт)}. 
Combining equation 23 and 24 yields: 
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Insertion of equation 25 yields: 
{*(*)) = {RabW - Rbam I {¿UO) + Иьът (27) 
or: 
(<?(<)) = ma{t) - à(t)b(t)) I (a2(t) + b*(t)) (28) 
The ensemble averaging in this formula can be replaced by time averaging over a period 
length Τ because of the stationarity of the echosignal x(t) (cf. Middleton, 1951). 
In conclusion: averaging of the numerator and denominator separately, before the 
division, yields an unbiased and numerically stabilized estimate of the phase deriva­
tive with a finite variance. It may be mentioned that this conclusion was reached by 
Angelsen (1981) as well, but for the instantaneous frequency of Doppler signals (fre­
quency modulation). The averaging over time is equivalent to increasing the number of 
independent observations of the instantaneous frequency that are integrated, when the 
duration of the integration period is increased. According to the central limit theorem, 
the asymptotic form of θ(ί) will therefore be a Gaussian pdf. (Tsao et al., 1987). In 
other words, the longer the duration of the averaging, the more the extreme values of the 
phase derivative will be smoothed and the variance of θ will become finite. Therefore, 
(è)T = (ò(0o(0 - à(t)b(Ì))T/(a2(t) + b2(t))T (29) 
where Τ — duration of time window of averaging. 
The smoothed estimate of the instantaneous phase derivative 0(<) is then: 
é,(t) = lim {θ)τ 
X —»OD 
and 
lim ρι(θ,) = Gaussian pdf. 
As an example, the histogram of the PD derived by using an averaging window of 16 
data points is shown in figure З1*, together with the best fitting Gaussian pdf. The same 
echo data were used as in figure 3°. 
5 First Order Statistics of Rectified Phase Derivative 
It is of major interest to calculate the mean and standard deviation of the rectified 
derivative because this derivative is employed for the construction of echographic images. 
Therefore, these variables yield a concise quantification of the first order grey level 
statistics of these images. The rectified phase derivative is defined by: 
Φ = |0| (30) 
and the first order pdf by 
ρ,ίΦ) = 2р1( ) , Ф е ( 0 , о о ) , (31) 
and 
σο 
( Φ ) = | φ ρ ι ( Φ ) < ί Φ . (32) 
ο 
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Rewriting equation 21 for Φ yields: 
ρ,ίΦ) = ( 2 π σ / ) 2 { ( 2 π σ / ) 2 + Φ 2 } " * . (33) 
While making use of the indefinite integral (Spiegel, 1968): 
/ y ( a 2 + y2)-l<ij, = -(<i2 + y 2 r ' , (34) 
equation (32) yields: 
(Φ) = Ίπσ,. (35) 
In order to be able to assess the "speckle" contrast, or the inverse i.e., the signal-to-
noise ratio, of an image the variance of Φ should be known as well. The second moment 
of Φ: 
OD 
(Φ2) = j$2P,(<f>)d$. (36) 
о 
When using equation 33 and taking another indefinite integral from (Spiegel, 1968): 
ƒ v V +y2)-Uy = ln{y + (y2 + a 2 )*} - y(y2 + a 2 ) ' * (37) 
it follows that: 
(Φ2) = ( 2 π σ / ) 2 1 п
^
т + ( ( 2 , : : ) 2 + Ф 2 ) ^ _ ф т ( ( 2 7 г ( г / ) 2 + ф ^ , (38) 
In the latter equation, the upper boundary of the integral in equation 36 has been limited 
to a value Ф
т
. On the one hand, this limiting is partly achieved by the integration over 
a certain window (Eq. 29) and on the other hand it may still be necessary to insert 
a "hard" limiter in the algorithm, based on this equation, which removes the extreme 
values of Ф. 
The results expressed in equation 35 and 38 are sufficient to express the SNR of the 
rectified PD image: 
8 Ν Κ = ( Φ ) / ( ( Φ 2 ) - ( Φ ) 2 ) * (39) 
6 First and Second Order Statistics of Rectified and Smoothed 
Phase Derivative 
Ir this section, the first order statistics of Φ will be derived while making use of the ap­
proximate Gaussian pdf of Θ,. It can be shown (Papoulis, 1965) that the autocorrelation 
of a rectified Gaussian random variable equals: 
ДФФ(Т) = 2R^ • (0)(cos η + η sin η)/π. (40) 
where η = arcsin{fi^ ¿ {T)/R¿ JJ (0)}. 
Because θ, has a pdf which is symmetric around zero, it may be clear that 
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It can be shown (Papoulis, 1965) that for the rectified PD the mean value is given 
by: 
(Φ) = { 2 * ^ ( 0 ) / * } * = ( 2 / π ) * σ ^ . (41) 
and using equation 40 
(Φ2) = ЯФФ(О) - Я ^ ( 0 ) = «г^. (42) 
Then it follows for the "presmoothed" and rectified P D : 
SNR = (Ф)/((Ф2) - (Φ) 2 )* = {2/(π - 2)}* = 1.325. (43) 
The next step in the processing is a low-pass filtering (smoothing) of the rectified PD by 
a 22 points cosine window function (duration т
г
 = 4μ6). This filter can be characterized 
by its impulse response function g(t): 
g(t) = {l-cos(2nt/T3)}/Tg, t € (0,rg). (44) 
From this definition it follows that: 
OO Tg 
J g{t)dt = jg{t)dt = l. (45) 
— OD 0 
The filtered version Φ denoted by Ф
д
 is the convolution of Φ(ί) with g(t): 
*.(*)= ƒ 9(T)*(t-T)dT. (46) 
- O O 
Because of stationarity, it follows for the mean value (cf. Eq. 41): 
T
» 
(*.) = ( Ф ) / * ( г ) а т = ( Ф ) . (47) 
о 
= ( 2 / π ) Ϊ ^ (48) 
The histograms of the filtered rectified P D are shown in figure 4" for a cosine filter with 
lengths of 10, 22 and 34 data samples, respectively. The curve marked 1 in this figure 
shows the histogram of the rectified PD, where the data used in figure 3 were employed 
again. A presmoothing was performed by using a data window of 13 samples. 
Figure 4 b shows the histogram in figure 4° with a cosine window length of 34 data 
points again, but now together with the best fitting Rayleigh pdf. It is evident that 
the approximation is rather good, which means that the presmoothing produces a band 
limited Gaussian PD to a fair approximation. 
An estimate of the standard deviation of the (pre)smoothed unrectified P D , (Τ.· , 
* 
can be approximately derived from the FWHM of the pdf of the unsmoothed PD (Eq. 
22). Assuming that the smoothing operation mainly suppresses the tails of the pdf, it 
follows that equation 22 applies to the pdf of the smoothed PD as well. For a Gaussian 
pdf, it can easily be shown that : 
a¿ = 0.42FWHM.· . (49) 
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Figure 4: a) Histograms of rectified PD obtained with a 13 point presmooth­
ing filter and cosine fillers of 1, 10, 22 and 34 data point lenghts applied after 
rectification, b) Histogram as m A, with 34-point cosine window and best fit­
ting Rayleigh pdf (drawn line). 
Then with equation 22 it follows: 
and insertion of this relation in equation 48 yields: 
<Φ
β
) = ( 2 / * ) ^ « 3.2of. 
(50) 
(51) 
In order to be able to estimate the variance of Φ
β
, its mean squared value has still to 
be derived. Starting with the unsmoothed P D : 
R¿téStuti)= jj'(*)(Hh - а)0'(Ь - ß))''{ß)d<*dß, (52) 
— oo 
where s(t) is the impulse response of the presmoothing filter and assuming stationarity 
of the PD, i.e., t = <2 — ^ь equation 52 can be rewritten (Papoulis, 1977): 
oo 
\β(1)= ƒ P.(a)R¿e(t-a)da, 
where 
p(a) = / s(x)s'(x + a)da 
— oo 
is the autocorrelation of the impulse response of the filter. 
(53) 
(54) 
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The expression for Длл was derived by Rice (1948): 
Ч 
R¿¿{T) = -27Γ2σ* 1η{1 -
 6 χ ρ ( - 2 π 2 σ 2 τ 2 ) } . (55) 
Plots of R¿¿(T) (Eq. 55) and Д.· „· (τ) (Eq. 53) are shown in figures 5a and δ ' , curves 
marked " t " . The curves marked "s" in these figures were obtained from the simulations. 
It may be mentioned that σ.· in equation 48 can be exactly calculated, rather than the 







Inserting equation 53 in equation 40 yields the expression for ДФФ, the autocorrelation 
of the rectified P D . This autocorrelation is plotted in figure 5C ("t") again with the 
corresponding curve obtained from the simulations ("s"). The calculations proceed 
then in the way as given by equations 53 and 54, but now applied to the rectified P D : 
* * , * , ( * ) = ƒ Р
Я
М Я Ф Ф ( * - τ) dr, (57) 
—oo 
where the postrectification filter is indicated by the symbol g and р
я
(т) is the autocor­
relation of this filter (cf. Eq. 54). This final autocorrelation is shown in figure Ъ* ("t") 
together with the curve obtained from the simulations ("s"). Then: 
(*i)= J P,{r)R**{-T)dT. (58) 
—OO 
Applying the Wiener-Kinchine theory, this expression can be rewritten: 
(*1)=^]\βϋ"№υω),1ω, (59) 
— oo 
where G(ju>) is the transfer function of the (post) smoothing filter, 
Wi(j(i)) is the Fourier transform of Кц. 
The final SNR of the presmoothed, rectified and postfiltered PD is then obtained from 
equation 48 and 59: 
S N R , ^ , ) / ^ ) - ^ ) 2 } * . (60) 
The effects of the filtering of the rectified PD on the SNRj are illustrated by figure 
6, where the same data were employed as in the other figures. As can be seen, at filter 
length 0 (no filtering), the SNR approximates the value that is mentioned in equation 
43, i.e., of the order of 1.3. Increasing the length of the filter yields a continuous increase 
of the SNR,. The gradual change of the histogram to a Rayleigh pdf (Fig. 4) using the 
cosine windows of a length increasing from 1 to 34 data points is reflected here in the 
limit SNRff of the order of 1.9. This value should be considered, however, as a relative 
limit, because increasing the window length would produce a further increase of SNR,. 





Figure 5: (a) Autocorrelation of the unsmoothed PD, t = theoretical curve 
(Eq. 56), s = curve from simulations, (b) Autocorrelation of the pre-smoothed 
(13 points) PD (Eq. 53). (c) Autocorrelation of the рте-smoothed and rec­
tified PD (Eq. 40). (d) Autocorrelation of the pre-smoothed, rectified and 
post-smoothed (È2 points) PD (Eq. 57). 
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Figure β: Signal-to-noise ratio of pre-smoothed (13 points), rectified and 
filtered PD, SNRg, using a cosine filter, for a range of filter lengths from 1 
to З4 data points. 
The explanation of this phenomenon can be found in equations 48 and 51 in which the 
mean PD appears to be independent of the filter length, whereas, it can be expected 
that the variance of the PD decreases with increasing window length. 
It may be concluded from figure 6 that a high "point" SNR is obtained by filtering of 
the rectified P D . However, this implies a decrease of the axial resolution i.e., a coarsening 
of the PD "speckle" and, therefore, the so-called "lesion" SNR (Wagner and Brown, 
1985; Thijssen et al., 1989) does not change at all. 
7 Discussion 
The stabilization of the PD by presmoothing was introduced to reduce the outliers of 
the derivative of the instantaneous phase. The smoothing filter of 16 samples duration 
is shown to yield a Gaussian pdf to a good approximation (Fig. 3b). This does not imply 
that the rectified PD has a Rayleigh pdf. The rectified PD instead has a pdf that is 
identical to a half-Gaussian if no postsmoothmg is applied and this pdf approaches a 
Rayleigh pdf at a filter length of 34 samples (Fig. 4). This behavior is reflected in the 
SNR (Fig. 6) that goes from 1.3 to 1.9 when the postsmoothing filter-length is increased 
from 1 to 34 samples. 
The theoretically derived autocorrelations of the various stages of the PD calcula­
tions are somewhat narrower than those obtained from the simulated echograms. This 
difference may partly be ascribed to the limited length of the presmoothing filter (13 
samples), which yields a Gaussian pdf of the unrectified P D to a limited degree. There-

























Table 1: Croascorrelation coefficients of the parameters obtained from the 




at are the Full Widths at Half Maximum of the 2D 
autocovariance function of the image in axial and lateral directions. An as­
terisk indicates a not significant correlation. 
fore, equation 40 holds only approximately. Furthermore, the theoretical curves were 
obtained by applying equation 53. In this equation, the autocorrelation of the instan­
taneous PD is low-pass filtered (i.e., smoothed). The calculation of the autocorrelation 
from the simulations was performed after smoothing of the PD according to equation 
29. This was necessitated by the large PD values occuring if no smoothing was ap­
plied. The difference between the autocorrelation functions in figure 5 is well within the 
spread found for the series of simulations that was discussed in (Oosterveld et al., 1989). 
Nevertheless, it can be concluded, that the first and second order statistics of the PD 
images are now well understood. The clinical importance of these images is, however, 
still to be shown. An indication about this importance may be found in the correlations 
between parameters of the first and second order statistical characteristics of the AM 
(i.e., video) images and the PD images of the same data. This was investigated with the 
computer simulated data in figures 8 and 9 of the preceding article (Oosterveld et al., 
1989), while considering only the scatterer densities of 3000 c m - 3 and higher, where fully 
developed speckle is present. The PD images produced with the SAS method, which is 
based on equation 28, were used. Table 1 shows the crosscorrelation coefficients that 
were significant (p < 0.01). It may be concluded that the mean of PD images is not 
correlated with AM-image parameters. However, the mean does not yield information 
on the scatterer density and therefore is not a likely diagnostic parameter (Oosterveld et 
al., 1989). The other statistical parameters of PD images are highly correlated with one 
of those of the AM images. The conclusion drawn in (Oosterveld et al., 1989) that the 
SAS method does not contribute to tissue characterization is herewith confirmed. This 
statement does hold, in case the scattering characteristics (size of the scatterers) remain 
constant. If, however, the backscatter spectrum is modified due to pathology the PD 
images may be advantageous as compared to AM images. This may be illustrated by 
the findings of Romijn (1989) on the differentiation of two histologically distinguished 
types of intraocular melanomas. This author observed a significant contribution of the 
FWHM O I of the PD images to the discriminant function. 
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In Vivo 
Ultrasound Backseat tering Estimation 
for Tumour Diagnosis: 
an Animal Study 
R.L. Romijn, J.M. Thijssen, J.L. van Delft, 
D. de Wolff-Rouendaal, J. van Best, J.A. Oosterhuis 
Abstract 
In this study the efficacy of a quantitative analysis of backscattered ultrasound for 
the differential diagnosis of intraocular tumours is tested. The data acquisition 
was performed with an on-line acquisition and processing system for in vivo work. 
The backscattering spectra were corrected for the beam effects (diffraction and fo­
cussing). The measurements were taken from an animal model (rabbit) in which a 
Greene's amelanotic melanoma was implanted in the anterior chamber of the eye. 
The special histologic arrangement of this tumour makes it optimally suited to an as­
sessment of the correlation between histology and backscattering cross section. Vari­
ous backscattering models were considered theoretically and the choice for a practical 
testing was motivated on the properties of the observed backscattering spectra. We 
conclude that the backscattering model based on an "inhomogeneous-continuum" 
with a cylindrical Gaussian autocorrelation function fits the data optimally. The 
relatively low correlation of the backscattering cross-sections to histology can not 
yet be fully explained. The range of acoustic scatterer sizes, however, corresponds 
quite well to the dimension of observed and quantified histologic structures. 
Keywords: Echoophthalmography, intraocular tumour, Greene's melanoma, 
backscatter analysis 
1 Introduction 
The differential diagnosis of intraocular tumours has been developed to a fair degree of 
reliability by using calibrated A-mode equipment and high resolution B-mode scanners 
(e.g., Verbeek, 1985; Poujol, 1974; Ossoinig, 1974). The differentiation is partly based 
on the reflectivity level of the tumour tissue (A-mode criterion) and partly on geometric 
characteristics (B-mode criteria). The main types: choroidal haemangioma, metastatic 
carcinoma and malignant melanoma are claimed to be correctly differentiated in 95 
percent of cases. Differentiation of the various types of choroidal melanomas, however, 
can not be performed with the criteria mentioned before and will be the subject of our 
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future studies. The results of these studies will be highly relevant to the planning of 
a treatment planning for these patients and may become relevant to other organs, i.e., 
other medical disciplines, as well. 
Apart from a potential improvement of the differential diagnosis, the processing and 
analysis of echographic signals by computer algorithms could be of great value to obtain 
a diagnostic method that is less dependent on the skills of the examiner and on the equip-
ment used. Furthermore, the aforementioned extrapolation to other disciplines may be 
defined as establishing a firm physical and methodical base for echographic differential 
diagnosis. An example of the latter might be found in the recent publications by Cole-
man et al. 1985, Feleppa et al. 1986, and Lizzi et al. 1986, where these authors tackle 
the problem of differentiating histologically different types of choroidal melanomas in 
the eye. The results of these studies are rather stimulating, since these indicate a dif-
ferentiation between mixed-epithelioid type and pure spindle-B type melanomas with 
an accuracy of 90 percent. The quantitative parameters used by these authors have 
been derived from a backscatter model as described by Feleppa et al. (1986) and Lizzi 
et al. (1986). This model describes the scattering of ultrasound in solid tissues by 
an autocorrelation function of the inhomogeneities of the acoustic impedance (Morse 
and Ingard, 1968). This so-called "inhomogeneous-continuum" model was introduced 
in medical ultrasound some years ago by Chivers (1977) and Nicholas (1977). The fre-
quency dependence of the backscattering can be calculated from the model parameters 
(Nicholas, 1982; Ueda and Ozawa, 1985; Feleppa et al., 1986; Wagner et al., 1987) and 
the reverse: an estimate of the effective mean dimension of the backscattering struc-
ture of tissues, can be obtained from measurements (Feleppa et al., 1986; Lizzi et al., 
1986). The concept of analysing tissue structural characteristics by means of scattering 
measurements has been applied to several organs both in vivo (backscattering) and in 
vitro (scattering), e.g., liver (Nicholas, 1982; King et al., 1985; Nassiri, 1986), blood 
(Shung et al., 1976), muscle (Nassiri, 1986) and intraocular tumours (Coleman et al., 
1985; Feleppa et al., 1986). 
In this paper the authors address two questions, which should be clarified before a 
clinical trial on the differentiation of eye tumours would become meaningful: 
1. When using a contact type mechanical real-time (sector) A- and B-mode scanner the 
tumour volume will be localized at varying distances to the transducer. The opti-
mal method to correct the acquired echographic (rf ) data for the beam diffraction 
and focussing should be assessed. 
2. The influence of biological variations in sound speed, and local changes in tissue type 
(e.g., collagen, tumour cells, blood vessels) as well as the range of dimensions of the 
structures involved should be assessed by correlating the acoustically estimated 
mean dimension of the scattering structure to the histology. 
The animal model chosen to study these questions was a Greene's amelanotic melanoma, 
which was implanted in the anterior chamber of rabbit. The attraction of this model 
is the special histologic arrangement of tumour cells around blood vessels, thus giving 
rise to identifiable scattering sites of homogeneous shape: the so-called tumour "islets" 
on histologic transverse sections (cylinders in reality). 
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Figure 1: Rediiplay of stored rf-data on computer terminal. Encircled region 
encloses tumour in anterior chamber (AC) of the rabbit's eye. С = cornea, 
I = iris, L = lens. 
2 Methods 
2.1 Technique 
The equipment consisted of an ophthalmological A- and B-mode scanner (Triscan, Bio-
physique Medical Inc.) which was connected to an on-line data-acquisition and prepro­
cessing system (Kruimer et al., 1985). This system consisted of a software controlled 
transient recorder (BE 256, Bakker Electronics Inc.); 8 bits, 40 MHz sampling, 128 kB 
memory, an array processor (VAP 64B, DSP Inc.) and a microcomputer (Professional 
380, Digital Equipment Corp.). The B-scan head contained a focussed transducer, focus 
at 25 mm, diameter 13 mm, with a central frequency of 7.5 MHz and -6 dB bandwidth 
of 2.8 MHz (useful bandwidth, i.e., at -20 dB: 5 MHz). From these data the width of 
the main lobe in the focus can be calculated (Kossoff, 1979) to be 1.0 mm. The B-scan 
head had a water stand-off which was covered by a very thin rubber membrane. The 
focus was therefore located at 5 mm in front of it. The rf-data were linearly amplified 
and no time (depth) dependent gain amplification was employed. The trigger logic in 
the echographic equipment was expanded so as to produce trigger pulses for the data 
acquisition system with a controllable delay with respect to the excitation pulse of the 
transducer. During a single scanning sweep of the transducer the central 128 rf-lines of 
the image were stored. The length of the lines was fixed at 1016 samples, corresponding 
to a depth of 19 mm. 
By using a "mouse" connected to the computer, the examiner was enabled to encircle 
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Figure 2: Low power photograph of а И&Е stained histologic section through 
anterior eye segment. (C=comea, T=tumour, L=lens) 
the tumour at the screen of the computer after a redisplay of the stored and rectified 
rf-data (Fig. 1). As can be seen in this figure the tumour fills part of the empty space 
(i.e., the anterior chamber of the eye) between the cornea and the iris. The analysis 
programmes were applied then to the data within the chosen region-of-interest (ROI) 
and the remainder of the echogram was ignored. 
2.2 Animals 
The Greene's amelanotic melanomas were implanted in the anterior chamber of Dutch 
rabbit. The method of this implantation was described by Franken et al. (1985). The 
rabbits were examined 7 to 10 days after implantation of the melanoma. Before the 
experiments the animals were anaesthetized by an injection of 0.5 ml/kg Hypnonri® 
(Duphar Inc.). The eyes containing a tumour were scanned by direct coupling of the 
transducer to the cornea with a drop of methylcellulose (2 percent, Methocelf®). Four 
echograms per eye were stored, which were obtained in two perpendicular directions. 
In either direction the two scans were made at a distance of approximately 1 mm, 
so as to ensure a reasonable statistical independence of the echographic information 
(Burckhardt, 1978). 
After the scanning, the animals were sacrificed and the eyes removed. The eyes were 
placed in a container filled with physiological saline solution and scanned as before. The 
saline was kept at room temperature. 
2.3 Histo logy 
The Greene's melanoma is a very fast growing tumour. Within 10 days it grows in 
the anterior chamber to a flat disc-shaped volume of approximately 80 m m 3 positioned 
between the cornea and the iris (Fig. 2). 
The central thickness is then in the order of a few milimeters, which makes tissue 
characterization by ultrasound a difficult job. After 10 days the tumour may become 
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Figure 3: Scheme of cross sectioning of inlratumour vasculature by ultra-
sound scanning, or slicing for histologic examination. 
already partly necrotic and will not be suited for our echographic study any more. The 
eyes were enucleated and prepared as follows: after fixation in formaldehyde 10 percent 
and dehydration the eyes were embedded in Celloidin. Vertical sections of the whole eye 
parallel to the visual axis were then made of 14 micrometer thickness (microtome: Jung 
GmbH, Heidelberg). The sections were stained with hematoxylin-eosin for microscopic 
study. 
The histology of the tumour can be characterized in general as follows: one or a 
few large vessels enter the tumour from the posterior side (iris). These vessels branch 
into many vessels, which run more or less oblique to the surface of the tumour. Since 
the ultrasound transducer is directed perpendicular to the surface of the cornea, it is 
also perpendicular to the surface of the tumour and, therefore, the histologic section 
planes are parallel with the echographic cross sections. The branched blood vessels will 
be sectioned in both instances perpendicularly or oblique to the axis (Fig. 3). Thus the 
histological sections will display circular and elliptical cross sections of most vessels. A 
striking histologic property of the relatively large tumours we have examined becomes 
evident as well: the tumour cells are arranged as a coat around the vessels (6-10 layers) 
which gives rise to the resemblance of small islands in the sections (Fig. 4). Necrotic 
debris is found between these islets which is mixed with loose tumour cells and red 
blood cells. 
This phenomenon was mostly seen in the superficial half of the tumour. The deeper 
part of the tumour was more solid. The islets were taken as a starting point for the 
estimation of the dimensions of scattering sites within the tumours. The short axis 
of the, often elliptical, shapes was measured with a light microscope, by means of a 
micrometer in one of the eye-pieces. Only the short axis was taken into account because 
it was assumed that the elliptical shape was due to an oblique sectioning of the circular 
cylinders (cf., Fig. 3). 
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Figure 4: High power photograph of a H&E stained histologic section through 
the tumour showing clearly the "islets", constituted by blood vessels coated by 
6 to 10 layers of tumour cells. 
2.4 Tissue-mimicking P h a n t o m s 
The phantoms were made of distilled degassed water, 7.5 percent by weight of gelatin and 
1 percent by weight of carborundum (cf., van den Aarssen et al., 1989). This material 
was poured in a plexiglass cylinder (6 cm diameter, 5 cm height). The carborundum 
particles were smaller than 20 micrometer, therefore, pure Rayleigh scattering occurred 
in the phantom. 
2.5 Diffraction Correct ion 
The principle of correction for beam diffraction and focussing ("diffraction correction") 
is as follows. The backscattering spectrum of a tissue mimicking phantom is estimated 
in the focus of the employed transducer. This spectrum is divided by the spectrum of a 
reflection on a plane reflector in the focus too, thus yielding the backscattering coefficient 
of the phantom to a fair approximation (Ueda and Ozawa, 1985). The backscattering 
spectrum from a tumour at various distances is divided by the correction spectrum 
estimated at these same distances. The correction spectrum is obtained by a division 
of the spectrum of the tissue phantom (at the tumour distance) by the backscattering 
coefficient of the phantom. The latter procedure results in an estimate of the local 
diffraction spectrum of the transducer. 
We will expand upon the description of the correction procedure by supplying some 
formulas (see also Fig. 5). If we take the echogram from a tissue phantom in a water 
tank and, by windowing, select a small part (e.g., a few milimeters) just below the 
top surface, we obtain the backscattering power spectrum: 8^{к,Р). After replacing 
the phantom by a plane reflector, with amplitude reflection coefficient Rj, , the power 
spectrum corresponding to the reflection can be estimated: Sp{k,F). For a condition 
where the Fresnel number is larger than 4, it follows (Ueda and Ozawa, 1985) for the 
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Figure 5: Illustration of the diffraction correction procedure (see text). 
backscattering coefficient of the phantom: 
Sp(ktF)d*(T:/F*) 
with 
Jfe TÏ/F2 > 4 
where ^bl(k,F) = power scattered per unit solid angle in backward direction 
by a unit volume of scatterers in the phantom 
к = 2ж//с = wavenumber 
ƒ = frequency 
с = sound propagation velocity = 1500 m/s 
F = focal distance (25 mm) 
d = thickness of "window" in phantom 
(1) 
(2) 
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Ta = transducer radius. 
Then the tissue phantom is placed at various depths ζ and the amplitude spectrum 
of the same slice is measured at every position. Because the backscattering coefficient 
obtained in the focus applies to all depths, the depth dependence in equation 1 can be 
removed: 
aÁk,F)=ú,(k) (3) 
The diffraction spectrum at depth ζ then follows from: 
D(fc,*) = 5 l A(fc,z)/ /iU*) (4) 
The backscattering power spectrum St(k,z) from a tissue at depth ζ then can be cor­
rected for the beam diffraction and focussing: 
/ ц . ( М ) = 5 і ( М / Л ( * . * ) (5) 
or, by employing equation 2: 
/!*.(*,*) = 5,(4, rJ/ii.W/SpkOb.z) (6) 
where //¡„(Α,ζ) = backscattering coefficient in tissue, at depth ζ 
In the foregoing the attenuation has been neglected because the depth ranges involved 
are minimized in the phantom measurements. 
3 Theory of Scattering 
3.1 Tissue M o d e l 
The most simple acoustic model of biological tissue is: a homogeneous and isotropic 
medium with a particular mass density, sound velocity and absorption coefficient in 
which scattering structures are distributed at random. The scattering is caused by a 
difference in the acoustic impedance relative to that of the surrounding medium. 
If the characteristic dimension σ of the scattering structures is small as compared 
to the wavenumber (ka <C 1) Rayleigh scattering will occur, which is known to yield 
a fourth power of the frequency dependence of the backscattered intensity (cf., Morse 
and Ingard, 1968; Ueda and Ozawa, 1985). 
It has been shown by Ueda and Ichikawa (1981) that for scatterers further apart 
from the ultrasound transducer than its radius the backscattering can be considered 
to be caused by the specific acoustic impedance (i.e., monopoles and dipoles, due to 
compressibility and mass density, respectively, coincide). The incoherent component 
of the backscattering can be obtained, therefore, in terms of the amplitude reflection 
coefficient R0 and a correlation function С describing the distribution of the impedance 
inhomogeneities within a medium, where: 
R0=\AZ\/2Z0 (7) 
where ΔΖ = difference of acoustic impedances of medium and inhomogeneity 
Z0 = acoustic impedance of the medium. 
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Table 1: ^uíocorre/oííon functions and backscattering coefficients f от models 
as indicated. 
λ = correlation length in z-direction 
t = /or г < 2σ 
ί = ал f oná ωιίλ г = у/х1 + у2 
and 
С = С(7) (8) 
where 7 = τ/σ ; τ — distance in 3-D space; σ — correlation length. 
The differential backscattering coefficient then can be derived for the farfield condition 
and no multiple scattering (Ueda and Ozawa, 1985). 
I*. = — / 7 C(7) 5ίη(2Α:σ7) df (9) 
7Γ J 
0 
where Νσ3 = volume concentration in case of suspension of particles 
R2t = variance of the amplitude reflection coefficient ( = Ä2 Νσ3 (1 — Νσ3)) 
Ν = number of inhomogeneities per unit volume 
The backscattering coefficients for various models of scattering, viz. discrete spher­
ical, Gaussian, exponential and discrete - and Gaussian cylindricai are given in table 
1, together with the correlation functions C. Where the orientation of the cyhnders in 
the cylindrical models is chosen perpendicular on the sound beam, which corresponds 
to histology (Fig. 3). 
The normalized backscattering coefficient (Nicholas, 1982; Ueda and Ozawa, 1985; 
Wagner et al., 1987) is defined as: 
MÍ. = Мб. о-1 R] (10) 




Figure β: Normalized backscattering coefficient vs. normalized wave num­
ber for the various models. (Exp=exponential, D.Cyl=discrete cylindrical, 
Spher=spherical, Cyl= Gaussian cylindrical, Gauss = Gaussian) 
The plots of μ£> vs. ka for the various models are shown in figure 6. As can be noticed 
the differences are small for ka < 1. Of course for kσ much smaller than 1 the Rayleigh 
limit is valid and the backscattering coefficient is proportional to kA, independent of the 
kind of model. 
If we extrapolate the ka = 1 value to medical ultrasound and more specifically to 
the ophthalmological conditions, where ƒ ~ 10 MHz, we find the upper limit of σ to 
be of the order of 25 μπι. It should be mentioned that the correlation length σ equals 
the radius in case of discrete spherical scatterers. Therefore, when a range of discrete 
scatterer sizes (σ-!, аг) is present in the medium the backscattering coefficient will be 
equal to the average: 
< Mfc. > = J Рь.(<г) f(<r) da ( И ) 
where /(<т) = distribution function of the correlation length 
In (clinical) practice μι,, is accessible to estimation and given a particular model, an 
"effective" correlation length can be estimated. Whether this effective length can un­
ambiguously be related to the mean value of the correlation lengths, or any other (e.g., 
modal) value is dependent on the distribution function f(<r), as well as on the model 
selected to evaluate the data. 
3.2 D a t a Analysis 
After storage of the rf-data and subsequent redisplay at the monitor of the microcom­
puter, the ROI was selected by encircling the tumour by using the "mouse". The rf-lines 
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Figure 7: Example of the backscattermg power ipectrum of a tumour. The 
corrected spectrum is approximated by a straight line. 
within the ROI were then software windowed with Hamming windows, that were 64 sam­
ples (1.2 nun) long and overlapped each other by 50 percent. This overlap WEIS proven 
to be optimal (Kuc, 1985). The amplitude spectra were calculated and then corrected 
for the diffraction effects by employing the stored diffraction files as a look-up table. 
It appeared that, due to the small thickness of the tumours, only two windows could 
generally be used. The corrected spectra were ensemble averaged over the whole lateral 
extend of the tumour and attenuation effects were assumed to be negligible in the small 
depth range involved. 
As a result of the diffraction correction the backscattering coefficients of the tumours 
were obtained. The coefficients were approximated by a straight line in a dB vs. MHz 
plot (Fig. 7). The useful bandwidth of the employed transducer was 5 to 10 MHz. 
The slope and zero frequency intercept of the regression lines were then taken as the 
characteristic scattering parameters of a tumour. 
The estimation of a characteristic dimension of the scattering was performed by using 
the Gaussian cylinder model (see Table 1), because the other (i.e., discrete) cylinder 
model did not produce unambiguous results due to scalloping of the backscattering 
coefficient vs. frequency (Fig. 6). The graph relating the slope and intercept values for 
a range of correlation sizes weis calcullated for the Gaussian model (Fig. 8). Then the 
estimated slope and intercept values for each of the scans were inserted in this plot and 
the correlation size was estimated from the slope value. 
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Figure 8: Plot of intercept vs. slope of the backscattering coefficient, dashed 
line obtained for the Gaussian cylinder model (Table 1). I = data points 
obtained m vivo, О = data points obtained in vitro. Each point corresponds 
to one B-scan. 
4 Results 
A total of 28 scans were made under in vivo conditions on 7 eyes containing a melanoma. 
Five of these eyes were scanned for a second time after enucleation, two perpendicularly 
oriented scans were made under this in vitro condition. The slope and intercept values 
of all of these 38 scans have been plotted in figure 8. In this figure the curve resulting 
from the Gaussian cylinder model is shown also. This curve has been shifted vertically 
to yield the visually best fit to the data. This procedure is equivalent to changing the 
reflectivity level of the scattering, i.e., changing the assumed value of Ζ in equation 7. 
Therefore, the shift does not influence the estimation of the scatterer size because only 
the slope value is employed. 
Figure 8 demonstrates that within ± 6 dB the data points fall on the theoretical 
curve. A similar observation was made by Lizzi et al. (1986) for human intraocular 
tumours. These authors concluded that " the scatterer size is the most important factor 
in determining the ranges of spectral slope and intercept values in ocular tumours". 
Moreover, they concluded that the deviatons from the linear fit might be diagnosti-
cally important, since these reflect differences in reflectivity and concentration of the 
scattering sites within the tissue. Applying these remarks to the Greene's melanoma 
and the problem to be studied, we conclude that the data in figure 8 constitute an 
excellently useful data base. The slope value of the backscattering spectra was used to 
estimate the correlation size of the scattering cylinders. The sizes found in this way for 
the different scans of the same tumour were then averaged. This average correlation 
size is the σ-value of a Gaussian correlation function (Table 1). In order to be able to 
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Figure 9: Superimposed histograms of long and short axis estimates of the 
cross-sections (islets) at histologic sections (5 different tumours). 
relate this parameter to the tumour islet diameter, estimated by microscopy, we took 
the -10 dB width of the Gaussian function as an acoustical size estimation. This -10 
dB width equals approximately 3cr. The slope value was taken exclusively, because it is 
not affected by variations in R] (Eq. 9) and, therefore, the optimum estimate of σ will 
be obtained in this manner. 
The histologic specimens were measured by two independent observers who evaluated 
3 to 5 sections per tumour. The short axis values were pooled (Fig. 9) and the mean 
value for each tumour was estimated. The standard deviation of the distribution of these 
axes was approximately 30 μτη. The mean values ranged from 95 to 150 /¿m. These 
mean islet diameters have been plotted vs. the aforementioned correlation size as shown 
in figure 10. It is obvious that the range of acoustical (correlation) sizes is wider than 
that of the microscopic sizes. The data of the in vivo and of the in vitro measurements 
do not display a systematic difference in figure 10. The large spread of the acoustical 
data may reflect the range of diameters of the islets within a single tumour. The effect 
of a range of scatterer diameters on the mean and variance of the correlation size is, 
however, not intuitively clear and is a subject for further investigations. 
5 Discussion 
It has been remarked already in the forgoing section, that our results presented in 
figure 8 confirm the conclusion drawn by Lizzi et al. (1986): the main factor which 
produces the range of slope and intercept values of the backscattering spectra is the 
scatterer size. This conclusion is weakened to a certain extent by the conclusion that is 
drawn from figure 10: the variance of correlation sizes obtained from the slope values is 
much larger than the range of histologically estimated sizes, although the overall mean 
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Figure 10: Acoustical correlation size (-10 dB width) з. microscopic di­
ameter of islets (I — in vivo, О = m vitro). 
values do correspond reasonably. Moreover, the range of slope values in figure 8 of each 
individual eye is large as well, which needs further explanation. 
In order to gain some insight into the effects caused by the presence of a range of islet 
diameters on the slope values we undertook a simulation study (Romijn et al., 1989). 
The simulations comprised a one dimensional model, i.e., the plane wave approximation 
is assumed to be valid. The rf-lines were convolved with Gaussian scattering (corre­
lation) functions (Table 1) with different σ-values. The scatterer sizes were varied in 
such a way that a Gaussian histogram applied to the sizes (standard deviation of 30 
μτα). The results of the simulations are summarized in figure 11 where the slope value 
is plotted versus the scatterer diameter (2σ) for the original Gaussian cylinder model 
with a single diameter (dashed curve) and with a ± 30 μπα range of diameters around 
the indicated mean value of the diameter (dotted curve). It is clear that the spread of 
diameters induces a decrease of the range of slope values. And the reverse: the large 
range of observed slope values (Fig. 8) would yield a still larger range of correlation 
sizes than already was observed. 
Two other phenomena can be conceived to explain the discrepancy between histology 
and acoustic measurements. The Gaussian cylinder model may be an oversimplifica­
tion, because the cylinders are not massively filled with tumour cells but have a blood 
vessel in the centre. The vessel may be relatively highly reflective (due to the collagen) 
and it constitutes thus a smaller inner cylinder. Since the diameter of the vessel is 
so much smaller than of the outer tumour cylinders the effect could account for the 
underestimation of the correlation length in comparison with the radius of the tumour 
cylinders. 
Another phenomenon might be a clustering of cylinders to effective diameters larger 
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Figure 11: Slope value of the backacattered spectrum з. (mean) diameter of 
scattering. Dashed line: Gaussian correlation model; dotted line: same model 
with range of correlation sizes of ± 30 μτη around indicated mean value. 
than a few hundreds of microns. This could be the explanation of some very low (i.e., 
negative) slope values, but it is contradictory to the large range of positive slope values. 
The influence of loose tumour cells, and of homogeneous parts of the tumour, has to 
remain undiscussed in this paper, because quantitative information is still lacking. 
Although some details of the observed results obviously have to remain without a 
full explanation in physical terms, the authors wish to conclude that this study strongly 
supports the employment of the outlined acoustical models of scattering for the eval­
uation of clinical data. A significant improvement of tissue characterization in general 
and differential diagnosis of tumours in particular may be achieved. 
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VI 
Estimation of Scatterer Size 
from Backscattered Ultrasound: 
a Simulation Study 
R.L . Romi jn , J . M . Thi j ssen , G . W . J , van Beun ingen 
Abstract 
The rcliablity of the estimation of the size of scattering structures is assessed by re-
alistic simulations and phantom experiments. The acoustic tissue model employed 
in the simulation studies comprised a constant sound speed, homogeneous atten-
uation and isotropic scattering. The simulations were confined to the focal zone, 
i.e., the pleine wave approximation was assumed and hence the model was made 
one-dimensional. The scattering models considered were: a discrete (spherical) and 
two "inhomogeneous-continuum" models. The latter were characterized by an ex-
ponential and a Gaussian autocorrelation function, respectively. The backscattering 
spectra were, over the range from 5 to 10 MHz, fitted to linear-, power- and au-
tocorrelation functions (of the three scattering models). The effects of the fitting 
function, the at tenuation — either in an intervening layer, or within the region-
of-interest (ROI) —, of the transmission pulse and the effects of a spread in the 
scatterer sizes on the accuracy and the precision of the size estimates were assessed. 
The attenuation in the intervening tissue layer(s) as well as in the ROI itself yields 
a significant effect on the accuracy of the size estimates and needs to be corrected, 
therefore. When performing the attenuation correction the inaccuracy of the at-
tenuation estimate of the intervening layer leads to a large bias in the estimated 
scatterer size, whereas, the effect of the inaccuracy in the at tenuation estimate of 
the ROI is much less important. Fitting of the backscattering coefficient should be 
preferably carried out with a linear-, a power-, or a Gaussian approximation, after 
correction for the transmitted spectrum. An unknown spread in the scatterer sizes 
yields an overestimation of the mean scatterer size, i.e., the estimated size is posi-
tively biased. The experimental results support the conclusion that scatterer size is 
a feasible tissue characterization parameter. 
Key words : s imula t ion , backsca t te r ing , a t t e n u a t i o n , s ca t t e re r size. 
1 Introduction 
Tissue cha rac t e r i za t ion wi th u l t r a sound has become an i m p o r t a n t topic dur ing the last 
ten years , since c o m p u t e r facilities have been available for t h e analys is of u l t r a s o u n d 
radiofrequency (rf ) s ignals . T h e rf-echo-signal con ta ins in format ion a b o u t t h e in terac-
t ion p h e n o m e n a of t i ssues wi th the u l t r a sound , b u t also a b o u t p rope r t i e s specific for t he 
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transducer used. Many efforts have been devoted to the development of measurement 
techniques that enable a transducer-independent analysis of the rf-signal (Cloostermans 
and Thijssen, 1983; Fink and Cardoso, 1984). This in order to achieve detailed knowl­
edge about the physical principles of the ultrasound propagation through tissues without 
artifacts from transducer-diffraction and focussing effects. 
Nowadays promising techniques are concerned with the characterization of tissues 
by spectral analysis of rf-signals. After correction of the rf-data for the transducer de­
pendence (Cloostermans and Thijssen, 1983; Fink and Cardoso, 1984; van den Aarssen 
et al., 1989; Ueda and Ozawa, 1985) two main acoustical properties of tissue can be reli­
ably estimated in vivo. The first is the attenuation of the ultrasound while propagating 
through the tissue (Kuc and Schwartz, 1979; Как and Dines, 1978) and the second the 
(back)scattering of the ultrasound by inhomogeneities within the tissue (Chivers, 1977; 
Nicholas, 1977; Lizzi et al., 1983). This backscattering was shown to be promising for 
the aim of tissue characterization since it is possible to estimate a scatterer size pa­
rameter that correlates to the effective size of the inhomogeneities in tissue (Romijn et 
al., 1989). For the specific application of the differentiation of eye tumours it could be 
shown that this analysis has an important diagnostic value (Feleppa et al.,1986). 
For implementation of this analysis in clinical practice it necessitates the derivation 
of an optimal method for the analysis of the frequency dependence of the backscattering 
coefficient. A simulation study has been performed to assess the method yielding the 
highest accuracy as well as precision to deduce the scatterer size from the backscat­
tering coefficient. Since it was shown that adequate ways of correcting the transducer 
dependence of the transmission spectrum can be achieved at least with respect to the 
focal plane (van den Aarssen, 1989; Ueda and Ozawa, 1985; Lizzi et al., 1983) this study 
focusses on the tissue dependence and, therefore, simulations were performed under the 
assumption of plane wave propagation. 
Methods known from the literature for estimating the scatterer size from the backscat­
tering coefficient are compared for various models of tissue, which are based on simula­
tions of their autocorrelation functions. In this study the scatterer size is systematically 
varied in the range from 10 to 100-μπι and the backscattering coefficient is considered 
in the frequency range from 5 to 10 MHz, which seems an applicable range of sizes as 
compared to frequency for most tissues (Bamber, 1979; Nicholas, 1982). Also the effect 
of the sound attenuation on the results of the scattering analysis was studied by simula­
tions and compared to the theoretical predictions. Both the influence of the attenuation 
in an intervening tissue layer and within the region-of-interest (ROI) is taken into ac­
count. Another subject studied was the effect of introducing a spread of the scatterer 
sizes in the simulated tissue. A Gaussian distribution of scatterer sizes was simulated 
to assess the relevance for a correlation of scatterer size to histological values. 
Finally, some experiments on tissue-mimicking phantoms containing scatterers of 
various sizes are reported. 
2 Simulation Model 
In order to simulate the ultrasound pulse-echo signal, as it is received on the transducer 
surface after propagation through tissue, the characteristics both of the tissue and of 
the transducer have to be modelled. A common and widely used tissue model con-
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stists of randomly positioned point scatterers with an also random amplitude reflection 
strength. These point scatterers represent the fluctuations in acoustic impedance of 
small inhomogeneities with respect to the surrounding tissue. This simple model has 
already greatly contributed to the knowledge about ultrasound echograms (Verhoef et 
al., 1985; Oosterveld et al., 1985). Yet this model is insufficient to study the complex 
physical interaction mechanisms of ultrasound with tissue. Therefore, the frequency de­
pendence of the attenuation as well as of the (back)scattering have to be incorporated 
in the tissue model. One scatterer would contribute to the spectrum corresponding to 
the rf-echogram (£,) in the following manner: 
£,(ƒ) = Γ2( ƒ, z.M2(/. *.) s.m (1) 
where T(ƒ, z,) = Transducer transfer function for i-th scatterer 
A(f,zl) = Attenuation transfer function for i-th scatterer 
B,(f) = Backscatter transfer function for i-th scatterer 
ƒ = frequency 
z, = position of i-th scatterer 
The square in equation 1 for both the transducer and attenuation transfer function 
shows the two-way-travel path of the echo. The echogram is formed by a summation of 
all scatterer contributions on the surface of the transducer: 
E(f) = Е В Д (2) 
t 
E(f) = ZT2(f,z<)A2(f,z,)B,(f) 
1 
In practice the transducer transfer function will be a complicated function of depth 
range and, therefore, time consuming to compute (Verhoef et al., 1984). However, 
making the restriction to the focal-zone of the transducer, in order to assure the plane 
wave approximation to be valid, Г can be assumed to be independent of depth. A 
Gaussian function is assumed for the frequency response of the transducer: 
T(f) = е-<>->°>'^'/<г /2^ (3) 
EU) = Тг( ƒ ) J > 2 ( ƒ.*.)£.(ƒ) 
1 
where 2σ = bandwidth of the transmission spectrum 
ƒ„ = centre frequency of the transmission spectrum. 
Since attenuation is a causal process, its transfer function cannot be just a simple 
exponential decay of the spectral amplitude but a velocity dispersion has to be accounted 
for (O'Donnell et al., 1981). Gurumurthy and Arthur (1982) produced an approximate 
analytic description of causal attenuation. 
A(f ζ ) = Β~μίζ' e _ 2 , r · ' 'T m ƒ I^ _ μ•' г , 'П(2»Я/*)) ц\ 
where т
т
 = l/c + 20μ/π 2 , is the minimum-phase delay factor 
μ — linear-to-frequency attenuation coefficient 
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= amplitude reflection coefficient 
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= scatterer density 
= 2nf/c 
= speed of sound. 
T a b l e 1: Autocorrelation functions and their backscattenng coefficients 
(Ueda and Ozawa, 1985). 
The frequency response of an individual scatterer is given by the function -ß,( ƒ) . In 
the simplest tissue model this function would be a random amplitude reflection coef-
ficient (Л,) independent of frequency (uniform). As is shown by many authors (Ueda 
and Ozawa, 1985; Bamber, 1979; Nicholas, 1982; Lizzi et al., 1986; Wagner et al., 
1987) frequency-dependent backscattering can be modelled in terms of a spatial auto­
correlation function describing the spatial density and compressibility fluctuations in 
the tissue. For most diagnostic applications, however, a description by spatial acoustic 
impedance fluctuations is sufficient (Ueda and Ichikawa, 1981). So the backscatter­
ing coefficient can be analytically derived for different autocorrelation functions of the 
acoustic impedance assuming the tissue to be isotropic, cf., table 1 where " a " stands 
for the correlation size. It may be remarked that the spherical scattering model is a dis­
crete model, in contrast to the other, models considered (exponential, Gaussian), which 
are to be classified as "inhomogeneous-continuum" models of scattering. In case of the 
spherical autocorrelation function, " a " would represent the diameter of the sphere. In 
this context this parameter will be refered to as the size of the scatterers in the tissue 
irrespective of the autocorrelation function. 
When considering a range of scatterer sizes simultaneously to be present, the echogram 
becomes: 
я(Я = т2(я:>>г(/,2.)я.(/.«.) (5) 
t 
It may be remarked that no extra confinement is made if the simulation is performed in 
only one dimension, since attenuation and backscattering are simulated for an isotropic 
tissue and the plane wave approximation is assumed. 




















Figure 1: Calculated spectra from the various autocorrelation function» for 
α 50-μτη scatterer size (Gaussian, exponential and spherical, respectively: g, 
e and s). 
3 Methods 
3.1 D a t a 
In order to be able to assess the accuracy and precision limits of the estimation of the 
scatterer size, 10 simulations with different random series of scatterers were performed 
for every condition of equation 5. Every simulation consists of 2 rf-lines, each of 960 
samples corresponding to a tissue depth of 1.80-cm and sampled at a rate of 40 MHz. 
This choice is somehow arbitrary, but results can easily be adapted to other conditions. 
The analog-to-digital (A/D) conversion was also simulated by an 8-bits range because of 
consistency with most clinically-used data-acquisition systems. It has been shown (Kuc, 
IQeS") that this does not introduce significant errors. If attenuation was simulated the 
attenuation coefficient was 0.4 dB/cm.MHz. 
The spectral analysis was performed by applying 128-point Hamming windows to the 
rf-data. Twenty-eight virtually-independent spectra could be calculated from every sim­
ulation by allowing subsequent windows to overlap 50 percent. The standard deviation 
can be shown to be less than 11/9 greater than if the windows were totally indepen­
dent (Kuc and Taylor, 1982). The simulated transducer corresponds to a clinically-used 
transducer in the ophthalmological field. The centre frequency was 7.0 MHz with a 
-6-dB bandwidth of 3.3 MHz. The useable frequency-band ranged from 5 to 10 MHz. 
This frequency-band was chosen because in clinical practice no larger range can be used 
due to noise and other disturbing apparatus effects. 
For most simulation conditions three autocorrelation functions (Table 1) were sim­
ulated: the Gaussian (g), the exponential (e) and the spherical (s). Figure 1 shows the 
expected spectra of the various autocorrelation functions for a scatterer size of 50-/im 
corrected for the transmission spectrum (Ueda and Ozawa, 1985; Lizzi et al., 1986; Wag­
ner et al.,1987). The spherical autocorrelation function clearly exhibits Mie-scattering. 
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Figure 2: ^«enuai ion coefficient computed by "centroid-frequency" (CF 
method), as a function of scatterer size for: (P&BS) Gaussian pulse and 
Gaussian backscattering coefficient; (BS) same after deconvolving the trans­
mitted pulse; (P) Gaussian pulse and an uniform backscattering coefficient. 
Dot-dashed line indicates inserted value of 0-4 dB/cm.MHz. 
3.2 Est imat ion of At tenuat ion 
Attenuation is estimated for the simulated rf-traces (METHODS section) with the 
"multi-narrow-band" (MB) method, as described by Cloostermans et al. (1985), with 
the "centroid-frequency" (CF) method (Dines and Как, 1976; Kuc et al, 1976), the 
"quasi-narrow-band" (NB) method and a modified version of the "multi-narrow-band" 
(Bo) method. 
By adding information about the linearity of the frequency-dependent attenuation 
coefficient {μ{}) = μΐ), estimates of the attenuation coefficient may become more accu­
rate and a higher precision can be achieved. This information is incorporated by assum­
ing the attenuation coefficient to be zero at 0 MHz (Bo), or by calculation from the ratio 
of the total backscattered power and the centre frequency of the transmitted spectrum 
(NB). All mentioned methods incorporate the use of the transmission-corrected power 
spectrum to calculate the attenuation coefficient, i.e., the received spectra were divided 
by the transmitted spectrum (INTRODUCTION section 1). 
The attenuation estimates for the CF method are to some extent biased by the 
scatterer size as is shown in figure 2. In the simulations an attenuation coefficient of 
0.4-dB/cm.MHz was incorporated. The centroid-frequency was calculated before and 
after correction of the spectra (Gaussian autocorrelation model) for the transmission 
spectrum, respectively indicated by "P&BS" and " B S " in figure 2. Also the result 
of the C F method using an uniform backscattering function and no correction for the 
transmission spectrum is shown, indicated by " P " in the figure. The estimation of the 
centroid-frequency appears to be highly dependent on the transmission spectrum of 
the transducer and if the usable bandwidth is not large enough a biased and nonlinear 
behaviour of the attenuation coefficient versus the scatterer size results. In practice the 
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Figure 3: Theoretical reference curves for slope values of the linear-fitting 
method versus the scatterer size for the autocorrelation functions: g, e and s. 
bias could be greatly reduced by estimating the frequency-band at each depth (e.g , 
-20-dB bandwidth). 
The estimates of the attenuation coefficient were used to correct the spectra obtained 
from the windowed rf-segments in the estimation procedure for the backscattering coef­
ficient. The influence of this correction procedure on the accuracy and precision in the 
estimation of the scatterer size could be systematically investigated in this manner. 
3.3 Est imat ion of Scatterer Size 
The estimation of the scatterer size was performed from the backscattered power spec­
tra. These spectra were corrected for the transmission spectrum of the transducer, 
which resulted in a backscattering coefficient as function of frequency (Fig. 1). Then 
the following methods were used to derive the scatterer size from this backscattermg 
coefficient. 
1) A linear fit was performed on the logarithm of the backscattering coefficient (ex­
pressed in dB) versus the frequency. This linear regression analysis within the 
usable bandwidth of the transducer yields a slope value and an intercept at 0 
MHz (Feleppa et al., 1986). By numerical calculation of the backscattering func­
tions as defined in table 1 and applying the linear fit, theoretical reference curves 
relating slope values to the scatterer size can be constructed (Fig. 3) for the vari­
ous autocorrelation functions. This procedure was suggested by Lizzi et al. (Lizzi 
et al., 1986) and strong resemblance of results is found. The linear-fitting function 
will be indicated by " L " in the figures following. It is obvious from figure 3 that 
little difference between the Gaussian and the spherical autocorrelation function is 
to be expected until scatterer sizes of 80-μπι are reached. At higher values of the 
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Figure 4: Theoretical reference curvea for slope values from the power-fitting 
method versus the scatterer size for the autocorrelation functions: g, e and s. 
size the spherical model induces scalloping of the backscattering function, which 
is known as Mie-scattering. 
The theoretical curves in figure 3 can be used to produce a look-up table to convert 
the estimated slope values into the scatterer size (Lizzi et al., 1986). Only the slope 
value yields an unbiased estimate of the scatterer size, as the intercept value is 
also dependent on the scatterer concentration and relative impedance ("reflectivity 
level"). Therefore, the slope value is used to estimate the scatterer size, as this 
can be used in general. However, statements can be made for some tissues to 
neglect the intercepts' dependence on the reflectivity level, as was shown for eye 
tumours (Feleppa et al., 1986). Then the intercept provides a largely attenuation-
independent estimate of the scatterer size, because the attenuation is zero at zero 
frequency. 
2) A second method is often applied in literature (Bamber, 1979; Nicholas, 1982). It 
concerns the fitting of a power function to the backscattering coefficient. This is 
done by performing a linear regression analysis to the logarithmic backscattering 
coefficient as function of the logarithm of the frequency. In the same way as in 
the method mentioned before, theoretical curves have to be used to correlate the 
power value to the scatterer size. As can be seen from figure 4 the slope and 
so the frequency dependence for small scatterer sizes tends to the fourth power 
for all backscattering models (Thijssen, 1985), which is the Rayleigh limit. The 
power-fitting method will be reffered to by " P " in the figures. 
3,4,5) The other methods for deducing the scatterer size are based on the fitting of the 
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factors are normalised backscattering coefficients, i.e., divided by the fourth power 
with frequency corresponding to the Rayleigh limit. The fitting is performed by 
a least squares procedure, again within the useable bandwidth of the transducer. 
In this way a direct estimate of the scatterer size is obtained. This procedure was 
also used by Insana et al. (1988) and will be futher indicated by " G " , " E " and 
" S " in the figures. 
4 Precision of the Estimation Procedures 
The probability denstity function (pdf) of the amplitude spectrum of a stationary Gaus­
sian process can easily be derived (Middleton, 1960; Jenkins and Watts, 1968). The 
basic principle is the linearity of the Fourier transform. This property yields a Gaussian 
pdf for the real and imaginary parts of the Fourier transform. It can be shown that 
the power spectral density of the Gaussian process asymptotically has a chi-square pdf 
with two degrees of freedom, whereas, the amplitude spectral density has a Raleigh 
pdf. Similarly, Rayleigh statistics are achieved for the amplitude-demodulated (video) 
rf-signals of ultrasonic imaging systems (fully developed speckle) (Papoulis, 1965). 
The SNR ratio of the Rayleigh pdf equals 1.91. From this SNR ratio the relative 
standard deviation of the spectral amplitude at each frequency (σ^) can be expressed 





 = 1.91 (6) 
σ
Λ
 = 2Qlog{l.9l) = 5.62dB 











 signal power. 
By approximating the Rayleigh pdf by a Gaussian pdf, it becomes possible to calcu­
late the precision that can be reached by applying the linear regression to the logarithmic 
backscattering coefficient versus frequency ("L" method). This precision follows from 
the variance of the slope and intercept values of the linear-fitting function as σ | and σ' , 
respectively: 
'i = ο-ιΣν<Ί (7) 
к 
where σ* = standard deviation of the spectrum per frequency element 
fie — frequency element in spectrum 
D = Ek(i/<rl)Ek(f2J<rl)-(Ek(fk/<rl))2 
Assuming total independence for the twenty-eight spectra that were calculated from 
the rf-signal the variances (Eq. 7) can be divided by 28, so the standard deviations of 
the mean slope and of the mean intercept values become (σ/t = σ^): 
σ-s = 0.17 dB/MHz, <r/ = 1.29 dB (8) 
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From the σA value (Eq. 6), the standard deviation of the attenuation coefficient also 
can be derived. This can be done for the intervening tissue layer as well as within 
the region-of-interest. The derivation of the precision of the estimated spectrum for 
these two regions is exactly the same. If the attenuation coefficient is estimated with 
the "centroid-frequency-shift" method or the "quasi-narrow-band" method (Kuc, ХЭвб1"; 
Berger et al, 1987), the variance of the attenuation coefficient (σ£) is given by: 
2
 = 1 8 Дл™
2
 /Q\ 
( V F Z ) u . ) 3 L 3 ( l - l / L 2 ) J V l ; 
where D
w
 — depth range per window (0.24 cm) 
m = window overlap factor (2) 
с = speed of sound (0.15 cm/με) 
W = usable bandwidth (5 MHz) 
L = number of windows (14) 
N — number of lines (2) 
Equation 9 clearly shows the importance of the depth range of the rf-signals and 
the bandwidth of the transducer, as these are major contribuants to the precision, 
whereas the number of rf-lines is of less importance. This formula was employed to 
calculate the precision that can be achieved by analyzing the simulations. Inserting these 
values (METHODS section 3.1) in equation 9 and assuming no error in the attenuation 
coefficient of the intervening layer yields: 
i7
a
 = 0.19dB/cm.MHz (10) 
With the precision of both the attenuation coefficient and the slope value of the 
linear-fitting method ("L" method) it is possible to calculate the precision of the spectral 
values after attenuation correction of the spectra. The amplitude variance at frequency 
Д of the spectrum obtained at depth zj will be: 
'1 = 'л + *№°і (ii) 
After attenuation correction the backscattering coefficient can be averaged over depth, 
and the variance in the mean spectral amplitude becomes: 
Then equation 7 can be employed again with this 5* instead of σ&, which will yield 
the precision in slope and intercept values after correction for the attenuation in the 
backscattering coefficient. 
Figure 5 shows the computed results for the precision in the slope (Fig. 5") and 
intercept value (Fig. 5b) of the linear-fitting versus depth. The attenuation coefficient 
was always estimated over the depth range of the ROI. It should be mentioned that 
these results were averaged over the 2 rf-Unes. 
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Figure 5: Précision in slope (a) and intercept (b) value, from, linear-fitting 
method егзги depth ("о"), and after attenuation estimation over the same 
depth range and subsequent correction for the attenuation ("* "). The arrow 
indicates the depth range for the simulations. 
5 Results 
5.1 Fitt ing M e t h o d 
As already mentioned, it is important to be sure that the envelope distribution of 
the rf-signals indeed satisfies Rayleigh statistics. The assessment of this condition can 
be made from the SNR (viz. Eq. 6) of the envelope from simulations with various 
autocorrelation functions and as a function of the scatterer size as is shown in figure 
6. This figure shows that neither the mean SNR-value nor its standard deviation (Fig. 
6 ) depend in a systematic way on the scatterer size. For all simulations a value larger 
than 1.82 is reached, which is not far from the theoretical limit of 1.91. Also, the choice 
of the scattering model does not consistently influence the SNR-value. 
These simulations (zero attenuation) were then used to calculate the backseat tering 
coefficient as described in the METHODS section 3.3, and subsequently to fit the various 
functions (G, E, S, L and P) to this coefficient. Figure 7" shows that for the Gaussian 
autocorrelation model the fitting functions to estimate the scatterer size display little 
difference in accuracy, except for the exponential-fitting function (E). This exponential 
function also appears to be different for the precision in the estimation of the scatterer 
size. This precision is specified by the standard deviation of the size estimate. In figure 
7 , this standard deviation (sd) decreases gradually with increasing scatterer size for 
the other functions, with a slightly better precision for the power- and linear-fitting 
functions (L, P) . 
The investigations were also performed while employing the exponential and the 
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Figure 6: Mean (a) and standard deviation (b) of SNR-ratio of ampli­
tude-demodulated echolines for the various autocorrelation functions: g, e 
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Figure 7: Mean (a) and standard deviation (sd) (b) of the estimated 
size as function of the simulated size, for the five different fitting func­
tions (G,E,S,L,P) estimated for the Gaussian autocorrelation function of 
the scattering. (G=Gaussian-, E=exponential-, S=spherical-, L=linear-, 
Ρ'=power-fitting method). 










29.3 ± 12.5 
60.2 ±11.2 
50.8 ± 7.9 




94.2 ± 20.1 
50.7 ± 10.8 
46.0 ±6.6 
spherical 
50.5 ± 7.3 
21.7 ±5.1 
53.8 ± 6.8 
46.1 ± 5.0 
44.5 ±5.3 
Table 2: Estimated icalterer iizes for the various fitting functions and au­
tocorrelation models for a simulated scatterer size of 50-μτη. 
spherical autocorrelation functions for the scattering. A comparison of these results 
with the Gaussian autocorrelation can be made by the data in table 2. In this table the 
mean and standard deviation of the estimated scatterer size are given for a simulated 
size of δΟ-μιη. In general, it can be stated that the Gaussian function and the linear-
or the power function are the best suited in the fitting procedure to achieve an optimal 
accuracy and precision of the estimate of the scatterer size in tissue, irrespective of 
the kind of scattering model. The exponential-fitting function is less suitable for the 
frequency and size range used in the simulations. Even if the exponential autocorrelation 
function is used in the model the differences between the backscattering models as a 
function of the scatterer size are small and these functions are almost linear in the 
frequency range considered. 
For the linear-fitting function the standard deviation in the intercept and slope value 
are in good agreement with theory (Eq. 7), although a slight dependence on scatterer 
size can be observed (Fig. 8в 6). 
5.2 Influence o f Attenuation 
In order to study the influence of the attenuation on the backscattering coefficient 
a distinction has to be made between attenuation in an intervening tissue layer and 
attenuation within the ROI. 
If no correction is made for the attenuation of the intervening tissue, the effect on the 
estimation of the scatterer size can be disastrous. This is demonstrated by etssuming a 
value for the attenuation in the intervening tissue layer. If the backscattering coefficient 
is not corrected for this attenuation value, scatterer size is estimated with the various 
fitting methods. The results are presented in figure 9, for the Gaussian autocorrelation 
function with a scatterer size of 50-μπι and attenuation values ranging from 0.0 to 
0.4-dB/MHz. This figure can also be interpreted to show the effect of an attenuation 
correction which is performed with a biased value. As can be concluded from figure 9" 
the accuracy of the estimation of the scatterer size is greatly influenced by the accuracy 
of the estimate of the attenuation of the intervening tissue. A 5-cm intervening tissue 
layer with an attenuation coefficient of 0.5-dB/cm.MHz that can be estimated with a 10 
percent precision implies a possible "attenuation-error" of up to ± 0.5-dB/MHz. The 
accuracy of the scatterer size estimation would be dramatically lowered as can be seen 
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Figure 8: Standard deviation of intercept (a) and slope (b) values for the 
linear-fitting method for the autocorrelation functions: g, e and s, as function 
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Figure 9: Systematic errors made in the estimation of the mean (a) and 
standard deviation (b) of the scatterer Jize ал function of the over- and un-
der-estimation of the attenuation in intervening tissue (Gaussian model and 
50-μτη scatterer size). 







\ 1 / 
E 
E / ' 
О 25 50 75 100 125 
SIMULATED SIZE dm) 
Figure 10: Mean of the estimated size as function of the simulated size, 
for the five different fitting functions (G,E,S,L,P) estimated for the Gaus­
sian autocorrelation function of the scattering, and with a O.^-dB/cm.MHz 
attenuation coefficient within the ROI, that is not corrected for. 
from figure 9tt: for the 50-μπι involved in the simulations size values between 25 and 
70-μιη would be found. From figure 9' it can be concluded that the Gaussian-fitting 
function yields a minimum in the standard deviation at a zero attenuation estimate 
error for the Gaussian autocorrelation used (cf., Fig. 7b at 50-μπι). 
The other effect that attenuation excerts on the accuracy of the backscattering 
coefficient is from within the ROI itself. The necessity of attenuation correction of the 
backscattering coefficient, prior to the estimation of the scatterer size, is revealed by 
figure 10. The attenuation of 0.4-dB/cm.MHz in the ROI causes an inaccuracy of the 
size estimates, especially for the small scatterer sizes that may have a bias of 100 percent 
or more. 
It may be concluded from the previous statements that correction for the attenuation 
both in the intervening tissue layer and within the ROI is required to yield an accurate 
estimate of the scatterer size. Therefore, several attenuation estimation techniques are 
considered. The dependence of the accuracy of the attenuation coefficient, estimated by 
the CF method (Fig. I I a ) , on the scatterer size of the tissue agrees with the results from 
the computer calculations on the Gaussian autocorrelation model presented in figure 2 
(curve BS). The attenuation coefficient estimates yielded with the other methods (MB, 
Bo and NB) are in good agreement with the simulated value of 0.4-dB/cm.MHz. 
The precisions of the estimations of the attenuation coefficients in figure 11 ' show 
that the "centroid-frequency-shift" (CF) method indeed reaches the theoretical value 
(dashed line) of equation 10 independent of size. This conclusion is also valid for the 
"multi-narrow-band" (MB) method. The two other methods used to estimate attenua­
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Figure 11: Mean (a) and standard deviation (b) of the attenuation coeffi­
cient as function of scatterer size. Simulations with a Gaussian autocorrela­
tion function and 0.4-dB/cTn.MHz attenuation. 
of the attenuation coefficient with frequency (METHODS section 3.2), thereby yielding 
a higher degree of precision. 
The precision of the attenuation estimate (within the ROI) also influences the pre­
cision of the estimated scatterer sizes. This is shown in figure 5° for the linear-fitting 
function. The precision is dependent on depth (Eq. 9), i.e., the number of windows that 
can be analysed per rf-line. It is, however, of minor importance if a sufficient number 
of windows per rf-line is used. 
The effect of the correction of the backscattenng coefficient for the attenuation 
estimated per simulation by the C F method is an increase of the standard deviation 
of the estimated size. This is exemplified (Fig. 12") by the increase of the standard 
deviations of the slope values for the linear-fitting function ("L" method) as compared to 
the theoretical value (Eq. 8). The same procedure is also performed for the attenuation 
estimated with the Bo method resulting in figure 12*. This latter method obviously 
does not influence the precision in the slope estimate. 
After attenuation correction (within the R0I) of the backscattering coefficient, again 
the correlation of the estimated size to the simulated scatterer size was analyzed. The 
worst case condition was considered, i.e., the attenuation coefficient estimated with 
the CF method was used to correct the backscatlered spectrum. Figure 13° shows 
that at all sizes the accuracy is comparable to that found in figure 7° (no attenuation 
within the ROI). However, a comparison of figure 13b with figure 7b reveals that the 
precision is less in most cases considered if attenuation within the ROI is simulated and 
subsequenctly corrected for. This result is understandable because the limited precision 
of the attenuation coefficient estimate (used to correct the backscattered spectrum) is 
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Figure 12: Standard deviation of slope value (linear-fitting method) after 
attenuation correction (within the ROI) of the backscattering coefficient, with 
the CF method (a) and Bo method (b). The dashed line represents the theo­
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Figure 13: Alean (a) and standard deviation (b) of the scatterer size esti­
mated with the various fitting functions (G,E,S,L,P), where the attenuation 
corrected (CF method) backscattering coefficient (Gaussian autocorrelation) 
is used. 
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Figure 14: Eatimated mean (a) and standard deviation (b) of the ¿catterer 
size as a function of the spread in simulated scatterer sizes. Spherical auto-
correlation function, mean size 50-μτη. 
incorporated in the imprecision of the slope (linear-fitting method) used to derive the 
scatterer size. 
Б.З Influence of a Spread in Scatterer Size 
Since a single scatterer size in a tissue model is not realistic it is necessary to employ 
a range of sizes in the simulations. Figure 14 shows results for a Gaussian distribution 
function of scatterer sizes with a standard deviation of respectively 10, 30 and 50 percent 
of the mean size, which has a value of 50-μιη. The spherical autocorrelation model 
was used and attenuation effects were not considered in the simulations. The mean 
and standard deviation of the estimated scatterer size are plotted versus the range 
of scatterer sizes. It is evident from figure 14" that increasing the spread results in 
an increasing value for the estimate of the scatterer size for all the fitting functions 
employed. Obviously the larger scatterer sizes contribute more to the scattering. The 
accuracy appears to be optimal for the linear- and power-fitting functions. The standard 
deviation of the size estimates (Fig. 14b) is continously increasing with spread for the 
methods based on the fitting of an autocorrelation function, otherwise it is constant 
("L" and " P " methods). 
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6 Experiments 
β.Ι Equipment 
The transducer had a centre frequency of 7.0 MHz. The almost Gaussian amplitude 
spectrum could be used between 5 and 10 MHz ( —10-dB frequency-band), the diameter 
of the transducer was 13-mm, and its focal distance was 6.5 cm. 
For scattered field measurements a transmitter/receiver (Panametrics 5052PR) was 
employed with a bandwidth of 35 MHz and a 40-dB gain. The output of the system 
was low-pass filtered with a four-stage Chebyshev filter at 15 MHz. The signals were 
then digitized in 8-bits by a software-controlled transient recorder (Biomation 8100) at 
a sampling rate of 40 MHz. 
Θ.2 Phantoms 
Two phantoms were prepared from a 7.5 weight-percent gelatin solution in distilled 
water (van den Aarssen et al., 1989), in which silicageP beads were stirred. The weight-
percentage of the beads was 0.25. The nominal dimensions of the two badges of beads 
that were employed were respectively smaller than 15-μτη and ranging from 63 to 100-
μπι. After preparation of the phantoms, microscopic sections of the phantoms were 
viewed and the scatterers appeared to have mean sizes of 21 and 57-/im, respectively, 
each with a standard deviation to be 30 percent of its mean value. For this reason these 
estimated dimensions rather than the nominal values were used in assessment of the 
backscattering measurements. 
6.3 P h a n t o m Measurements 
The transducer was fixed in a xyz-stepping table, which was completely software-
controlled (Cloostermans et al., 1986). A computer program steered the table in a 
rectilinear-scanning fashion in such a way that a matrix of 400-points was covered. 
The velocity and the attenuation of the phantoms were measured with the substitution 
method, which is as follows (Verhoef et al., 1985): The phantom was placed in a water 
tank with a flat bottom surface. The tank was filled with degassed distilled water and 
the transducer was directed into the water perpendicular to the bottom. The front 
and bottom echoes were registred at 25 positions, 2-mm apart. Then the phantom was 
removed and the bottom-echo was registred again at the same 25 positions. The times 
of the three echoes at each position yielded velocity estimates, the two bottom-echoes 
the attenuation. The distances between the measurement positions (2-mm) were larger 
than the half-width of the sound beam in the focus. For the backscattering measure­
ments a depth range of 128-samples was windowed (Hamming window) symmetrically 
around the geometrical focus and the power spectrum was calculated by means of a 
FFT-routine. The time window was located 2 to 4-mm below the top surface of the 
phantoms and so the attenuation of the phantoms could be neglected. The diffraction 
correction was performed by the spectrum of the echo from a plane reflector placed in 
the focus. This spectrum was corrected for the influence of the frequency behaviour of 
a reflection in focus (Ueda and Ozawa, 1985) as is described by van den Aarssen et al. 
(1989). The backscattering coefficient (Fig. 15) was then obtained by taking the ratio 
of the backscattered spectrum and this latter corrected spectrum. 
116 A SIMULATION STUDY 








Figure 15: Experimentally estimated backscattering coefficients from two 
phantoms (silicagel beads I: < 15-μπι; Π: 63-100-μτη). 
scatterer size 
in μια 






estimated size 1 
in μτη 
25 ± 5 
41 ± 5 
Table 3: Results from the linear-fitting method applied to the backscattering 
coefficients from the phantoms with the two ranges of scatterers. 
Θ.4 Resu l t s 
The sound velocity in the phantom was found to be 1511 ± 1 m/s. This velocity was 
then introduced in the calculation of the attenuation of the phantoms. The attenuation 
coefficient for the phantom containing the smallest beads was 0.14 ± 0.01 dB/cm.MHz. 
The slope values of the backscattering coefficients of the phantoms estimated by 
this procedure are given in table 3, where the linear-fitting algorithm ("L" method) was 
used to compute the slope values. The size estimates of the scatterers are interpolated 
from the theoretical curve of the slope value versus the mean scatterer size (Fig. 16). 
This curve was calculated for scatterer populations using equation 5, a spherical auto­
correlation function and zero attenuation. The standard deviations of the populations 
were taken to be 30 percent of their mean scatterer sizes. The estimated size of the 
small silicagel beads ( < 15-μιη) was in good agreement with the optically measured 
scatterer size. Therefore, it can be concluded that the approximation of the correlation 
length by the radius of the scatterer (SIMULATION MODEL section 2) is justified for 
this phantom. The other phantom, however, shows a significant difference between the 
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Figure 1Θ: Slope value of the hnear-fithng method applied to the spheri­
cal backscattermg coefficient versus the scatterer size (s), and applied to the 
spherical backscattenng coefficient of a distribution of scatterer sizes with a 
standard deviation equal to 30 percent of its mean value versus the mean 
scatterer size (ss). 
viewed mean scatterer size and the acoustically estimated size. This is due to t h e distri­
bution of the silicagel beads in the phantom. A large number of small scatterers might 
be caused by the production-process of the phantom, that needed homogenization of 
the scatterers in the gelatin medium. Although, small scattering structures contr ibute 
little to the scattering process (Table 1), their large number, caused a decrease of the 
acoustically estimated scatterer size. 
7 Discussion 
It should once more be stressed that the discussed results were obtained for a n homo­
geneous and isotropic scattering model. In vivo acquired data will always show results 
with less accuracy and precision because of large inhomogeneities such as b lood ves­
sels that act like specular reflectors, and anisotropy due to the special arrangement of 
scattering sites, e.g., in muscle. 
From the three different autocorrelation functions that were simulated the Gaussian 
and the spherical yield specific differences (Fig. 1). These can be appreciated from the 
standard deviation of the estimated scatterer size as function of the spread in size (Fig. 
14b). The spherical model demonstrates the effect of scalloping at scatterer sizes larger 
than about 80-μιη, causing a large increase in the standard deviation if sizes of 80-μιη 
become involved in the simulated size distribution. This effect is theoretically absent 
for the simulated size distribution for the Gaussian model. The exponential model is 
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in all cases an exceptional model, and can be estimated neither with high precision nor 
with good accuracy (Fig. 7"''). 
Considering the results in figure 7° (zero attenuation) it can be concluded that it 
is possible to achieve an accurate estimate of the scatterer size from only twenty-eight 
independent spectra, although the standard deviations for these estimates are large for 
small scatterer sizes (Fig. 7*). 
T h e exponential-fitting method shows its disadvantages since it is difficult to perform 
in t h e frequency-interval from 5 to 10 MHz for the various backscattering coefficients. 
T h i s might be better in a lower frequency-region or for smaller scattercrs (it is the 
product of the wavenumber and size that has to be considered), with applications to 
o t h e r organs. 
A problem that again is revealed by the simulations (Lancee et al., 1988) is to acquire 
t h e accuracy of the attenuation estimate, needed for correction of the backscattering 
coefficient prior to the estimation of the scatterer size. 
Especially attenuation from an intervening tissue layer between the transducer and 
t h e ROI might be estimated with low accuracy and, therefore, have a disastrous effect on 
t h e estimation of the scatterer size (Fig. 9"). The attenuation effect of the intervening 
layer has to be accounted for, either by direct measurements (e.g., CF, Bo, MB and 
N B methods) or by considering the standard deviation of the scatterer size when the 
autocorrelation function for the tissue is known a priori (Fig. 9b). As can be seen from 
th i s figure the Gaussian- and spherical-fitting methods show a local minimum in the 
s tandard deviation of the scatterer size versus the "attenuation-error" for the (Gaussian 
autocorrelation) size of 50-μπι. This minimum might be located by a sophisticated 
fitting function. It even could be a reason to prefer the Gaussian-fitting method over 
t h e linear-fitting method, since the latter does not show such a local minimum. 
Within the ROI a correction can be made for the attenuation with the estimate 
of its attenuation coefficient (Fig. I I a ) , even if the estimation of the attenuation is 
performed with an inaccurate method ( C F method). This attenuation correction of 
t h e backscattering coefficient prior to the estimation of the scatterer size improves the 
accuracy of the estimated size considerably, especially for small scatterers (Fig. 10 and 
Fig. 13"). Results become comparable to the condition of zero attenuation within the 
R O I (Fig. 7° and Fig. 13"), and only a slight decrease of the precision of the estimated 
sizes can be noticed (Fig. 7k and Fig. IS 4 ). 
It should be mentioned that correction for the attenuation with the "centroid-
frequency" method causes a systematic error in the estimated size, because the CF 
attenuation cannot be estimated independent of scatterer size (Fig. 2 and Fig. 11B). This 
c a n be explained by the fact that none of the autocorrelation functions examined, pro­
duces a Gaussian-shaped backscattering coefficient within the usable bandwidth (Fig. 
1). For this reason the centroid-frequency is biased as function of scatterer size, re­
sulting in a non-neglicable overestimation of the attenuation coefficient. This bias is 
reduced by ommiting the division of the backscattered spectrum by the spectrum of 
t h e transmission pulse (diffraction correction). This is equivalent to a multiplication of 
t h e backscattering coefficient by a Gaussian function (i.e., the transmitted spectrum), 
which renders a "bell-shaped" spectrum that is less assymetrical. 
The theoretical standard deviation of the slope and intercept values obtained from 
equation 8 are in good agreement with the simulation results (zero attenuation) for a 
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Gaussian backseat tering function and a linear fit (Fig. 8"*). The standard deviations, 
however, do show a significant and unexpected decrease with increases in scatterer size. 
When comparing these results to the simulations with attenuation the following can be 
stated: After correction for the attenuation, obtained with the Gaussian model (g) the 
standard deviations of the slope values become independent of size (Fig. 8" as compared 
to Fig. 12'') Moreover, the standard deviation of the slope value (Fig. 12°, CF method) 
does not correspond with the theoretical value (Fig. 5"). This can be attributed to a 
bias in the attenuation estimate (Fig. I l " ) because figure 12'' shows that the results 
obtained after attenuation correction with the Bo method are in good agreement with 
theory. 
Simulating a spread in the scatterer size (Gaussian distribution function, and zero 
attenuation) results in an overestimation of the mean size, if the curves (Fig. 3) com­
puted for a single scatterer model are used (Fig. 14"). The overestimation can only be 
corrected for if the distribution of the scatterer sizes is a priori known (Fig. 16). Al­
ternatively, when considering the Gaussian and spherical models, if there are means to 
relate the distribution of the scatterer sizes to the estimated standard deviations (Fig. 
14b). 
Again in real tissue this situation may be even more hopeless, if it is considered that 
the various inhomogeneities not only may differ in size, but also in reflection strength. If 
this happens to hold true there is no way of assessing a correct estimate of scatterer size 
as compared to histology, except if the exact reflection strengths are known. This does 
not mean that the "effective" scatterer size is rendered useless for tissue characterization. 
The estimated size can be used to detect and quantify pathologic changes in tissues if 
the range of normal values is determined first. 
It can be stated that the best results are obtained for the Gausian-fitting method, 
the linear-fitting method and the power-fitting method. However, if tissue properties 
such as the range of scatterer sizes to be measured, or the best autocorrelation model to 
be considered, are known a priori, better estimates can be obtained with more specific 
fitting methods. 
The results obtained from the phantoms show that the scatterer size is a good pa­
rameter to differentiate between the reported silicagel beads, and may, therefore, be 
helpful for diagnostics. The correlation of the estimated scatterer sizes to the opti­
cally measured sizes, shows that the scatterer size may also correspond to histology as 
is clearly demonstrated by the phantom (< 15-μιη). Where histology becomes more 
complex the distribution of the scatterers has to be known beforehand (phantom 63 to 
100-μιη), and a simple autocorrelation model might not be sufficient. 
Acknowledgement 
This work is supported by a grant from the Dutch Cancer Fund, the "Koningin Wil­
helmina Fonds". 
References 
Bamber J.С., (1979) "Theoretical modelling of the acoustic scattering structure of 
human liver," Acouatie Letters, vol. 3, pp. 114-119. 
120 A SIMULATION STUDY 
Berger G., Laugier P., Fink M. and Perrin J., (1987) "Optimal precision in ultrasound 
attenuation estimation and application to the detection of Duchenne muscular 
dystrophy carriers," Ultrasonic Imaging, vol. 9, pp. 1-17. 
Chivers R.C., (1977) "The scattering of ultrasound by human tissues - some theoretical 
models," Ultrasound in Med. & Biol., vol. 3, pp. 1-13. 
C l o o s t e r m a n s M.J.T.M. and Thijssen J.M., (1983) "A beam corrected estimation 
of the frequency dependent attenuation of biological tissues from backscattered 
ultrasound," Ultrasonic Imaging, vol. 5, pp. 136-147. 
C l o o s t e r m a n s M.J., Verhoef W.A. and Thijssen J.M., (1985) "Generalized description 
and tracking estimation of the frequency dependent attenuation of ultrasound in 
biological tissues," Ultrasonic Imaging, vol. 7, pp. 133-141. 
Cloostermans M.J.T.M., Mol H., Verhoef W.A. and Thijssen J.M., (198G) "In vitro 
estimation of acoustic parameters of the liver and correlations with histology," 
Ultrasound in Med. & Biol., vol. 12, pp. 39-51. 
Dines K.A. and Как A.C., (1976) "Measurement and reconstruction of ultrasonic pa­
rameters for diagnostic imaging," In: Research Report, School of Electrical Engi­
neering, Purdue University, West Lafayette, Indiana, TR.EE 77-14. 
Feleppa E.J., Lizzi F.L., Coleman D.J. and Yaremko M.M., (1986) "Diagnostic spec­
trum analysis in ophthalmology: a physical perspective," Ultrasound in Med. & 
Biol., vol. 12, pp. 623-631. 
Fink M.A. and Cardoso J .F . , (1984) "Diffraction effects in pulse-echo measurement," 
IEEE Trans, on Sonics and Ultrasonics, vol. SU-31, pp. 313-329. 
Gurumurthy K.V. and Arthur R.M., (1982) "A dispersive model for the propagation 
of ultrasound in soft tissue," Ultrasonic Imaging, vol. 4, pp. 355-377. 
Insana M.F., Wagner R.F., Brown D.G. and Garra B.S., (1988) "On the information 
content of diagnostic ultrasound," In: Information Processing in Medical Imaging, 
C.N. de Graaf, M.A. Viergever (eds), New York: Plenum Press, pp. 437-455. 
Jenkins G.M. and Watts D.G., (1968) Spectral analysis and applications, Holden Day 
Inc., San Francisco. 
Как A.C. and Dines K.A., (1978) "Signal processing of broadband pulsed ultrasound: 
measurement of attenuation of soft biological tissues," IEEE Trans, on Biomed. 
Engng., vol. BME-25, pp. 321-343. 
Kuc R., Schwartz M. and Von Micsky L., (1976) "Parametric estimation of the acoustic 
attenuation coefficient slope for soft tissue," In: IEEE Ultrasonics Symposium 
Proceedings, IEEE Cat. No. 76CH1120-5SU, pp. 44-47. 
Kuc R. and Schwartz M., (1979) "Estimating the acoustic attenuation coefficient slope 
for liver tissue from reflected ultrasound signals," IEEE Trans, on Sonics and 
Ultrasonics, vol. SU-26, pp. 353-362. 
CHAPTER VI 121 
Kuc R. and Taylor J.W., (1982) "Variation of acoustic attenuation coefficient slope 
estimates for in vivo liver," Ultrasound in Med. & Biol., vol. 8, pp. 403-412. 
Kuc R., (1985") "Estimating reflected ultrasound spectra from quantized signals," 
IEEE Trans, on Biomed. Engng.,vol. BME-32, pp. 105-112. 
Kuc R., (1985'') "Bounds on estimating the acoustic attenuation of small tissue regions 
from reflected ultrasound," Proc. IEEE, vol. 73, pp. 1159-1168. 
Lancee C T . , Vissers J.M. and Bom Ν., (1988) "Influence of parameter est imation on 
integrated backscatter: a model study," Ultrasonics, vol. 26, pp. 37-43. 
Lizzi F.L., Greenebaum M., Feleppa E.J., Elbaum M. and Coleman D.J., (1983) "The­
oretical framework for spectrum analysis in ultrasonic tissue characterization," J. 
Acoust. Soc. Am., vol. 73, pp. 1366-1373. 
Lizzi F.L., Ostromogilsky M., Feleppa E.J., Rorke M.C. and Yaremko M.M., (1986) 
"Relationship of ultrasonic spectral parameters to features of tissue microstruc­
ture," IEEE Trans, on Ultrasonics Ferroelectrics and Frequency Control, vol. 
UFFC-33, pp. 319-329. 
Middleton D., (1960) An Introduction to Statistical Communication Theory, Chapter 
9, McGraw-Hill, New York. 
Nicholas D., (1977) In: Recent Advances in Ultrasound in Biomedicine, D.N. White 
ed., Oregon: Research Studies Press, Chap. 1, pp. 1-28. 
Nicholas D., (1982) "Evaluation of backscattering coefficients for excised h u m a n tis­
sues: results, interpretation and associated measurements," Ultrasound in Med. 
& Biol., vol. 8, pp. 17-28. 
O'Donnell M., Jaynes E.T. and Miller J.G., (1981) "Kramers-Kronig relationship be­
tween ultrasonic attenuation and phase velocity," J. Acoust. Soc. Am., vol. 69, 
pp. 696-701. 
Oosterveld B.J., Thijssen J.M. and Verhoef W.A., (1985) "Texture of B-mode echograms: 
3-D simulations and experiments of the effects of diffraction and scatterer density," 
Ultrasonic Imaging, vol. 7, pp. 142-160. 
Papoulis Α., (1965) Probability, Random Variables and Stochastic Processes, McGraw-
Hill, New York. 
Romijn R.L., Thijssen J.M., van Delft J.L., de Wolff-Rouendaal D., van Best J . and 
Oosterhuis J.Α., (1989) "In vivo ultrasound backscattering estimation for t u m o u r 
diagnosis: an animal study," Ultrasound in Med. & Biol., vol. 15 (in press). 
Thyssen J.M., (1985) "Scattering of ultrasound : general aspects," In: Proc. of the 
fifth European Communities Workshop Ultrasonic Tissue Characterization and 
Echographic Imaging, J.M. Thijssen, V. Mazzeo (eds), vol. 5, pp. 7-17, Fac. of 
Medicine Printing Office, Nijmegen. 
122 A SIMULATION STUDY 
U e d a M. and Ichikawa H., (1981) "Analysis of an echo signal reflected from a weakly 
scattering volume by a discrete model of the medium," J. Acouat. Soc. Am., vol. 
70, pp. 1768-1775. 
U e d a M., and Ozawa Y., (1985) "Spectral analysis of echoes for backscattering mea-
surement," J. Acoust. Soc. Am., vol. 77, pp. 38-47. 
v a n den Aarssen M., Verhoef W. A. and Thijssen J.M., (1989) "Influence of absorbing 
and scattering media on the propagation of ultrasound," J. Acoust. Soc. Am., 
vol. 85, pp. 567-575. 
V e r h o e f W.A., Cloostermans M.J.T.M. and Thijssen J.M., (1984) "The impulse re-
sponse of a focussed source with an arbitrary asymmetric surface velocity distri-
bution," / . Acoust. Soc. Am., vol. 75, pp. 1716-1721. 
V e r h o e f W.A., Cloostermans M.J.T.M. and Thijssen J.M., (1985) "Diffraction and 
dispersion effects on the estimation of ultrasound attenuation and velocity in bi-
ological tissues," IEEE Trans. Biomed. Engng., vol. DME-32, pp. 521-529. 
"Wagner R.F., Insana M.F. and Brown D.G., (1987) "Statistical properties of radio-
frequency and envelope-detected signals with applications to medical ultrasound," 
J. Opt. Soc. Am., vol. 4, pp. 910-922. 
U l t r a s o u n d M e d . & B i o l . , s u b m i t t e d ( 1 Θ 8 9 ) 
VII 
Ultrasonic DifFerentiation 
of Intraocular Melanomas: 
Parameters and Estimation Methods 
R.L. Romi jn , J . M . Thi jssen, B.J . Oosterve ld, A . M . Verbeek 
Abstract 
In this study the estimation of ultrasound parameters is evaluated for in vivo dif­
ferentiation of intraocular melanomas. For this purpose, both tissue and image 
parameters of the ultrasound signal are considered. These parameters comprised, 
respectively, the frequency dependent attenuation and backscattering coefficient of 
the melanoma tissue, and the first and second order statistics of the amplitude-
modulated and phase-derivative images of the melanomas. 
A diffraction correction procedure has been applied prior to the estimation of the 
parameters to correct the ultrasound signals for the echographic equipment used 
and for the various distances of the region-of-interest to the transducer. In addition, 
a preprocessing to select a homogeneous region from the tumours was implemented 
to obtain consistent estimates of the ultrasound parameters, because the accuracy 
and the precision of the parameters would be greatly reduced by the inhomogeneity 
of the melanoma tissue. 
The estimation methods are evaluated by means of the accuracy and precision of 
the parameters estimated from simulated ultrasound d a t a and d a t a obtained from a 
tissue-mimicking phantom. The mutual correlations of the parameters are discussed 
for the ultrasound data obtained from the melanomas. 
This study enabled a pre-selection of the indepedent ultrasound parameters that 
could be used in a discriminant analysis to perform a differentiation of intraocular 
melanomas. The sensitivity and specificity of differentiating spindle cell type from 
mixed-epitheloid meleanomas were 92 and 89 percent, respectively. 
Key words : a t t e n u a t i o n , backscat ter ing, t e x t u r e , i n t r a o c u l a r m e l a n o m a 
1 Introduction 
T h e differentiation of eye t u m o u r s , by using s t a n d a r d u l t r a s o u n d e q u i p m e n t , is a g o o d 
e x a m p l e of t h e i m p r o v e m e n t of the cl inicians ' capabi l i t ies . Differential diagnosis b e t w e e n 
choroidal h e m a n g i o m a , m e t a s t a t i c c a r c i n o m a a n d m e l a n o m a c a n a l ready be m a d e wi th 
a h i g h accuracy (Verbeek, 1985). Of special clinical in teres t for p a t i e n t - t r e a t m e n t a n d 
patient-fol low-up is t h e differentiation between various classes of m a l i g n a n t m e l a n o m a s . 
For t h a t p u r p o s e t h e s t a n d a r d u l t rasound e q u i p m e n t is n o t sufficient a n d m e t h o d s o t h e r 
t h a n t h e visual a s sessment of echograms have t o be used . 
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Methods that employ the backscattering coefficient of the ultrasound were used by 
Coleman et al. (1985) who reported the in vivo differentiation between two classes of 
melanomas with an accuracy as high as 90 percent. This differentiation was performed 
between the epitheloid and mixed cell type melanomas on the one hand and the spindle 
cell type melanomas on the other. These classes were, after enucleation of the eyes, ver-
ified by histological examinations of the tumours, where the shape and the structure of 
the cells was of decisive importance for classification. It should be considered, however, 
that an overal agreement between pathologists may not exist. 
The ultrasound parameters used by Coleman et al. (1985) are theoretically mod-
elled to assess the volume density and the size of the scattering structures of the tissue. 
Although no correlation between histological parameters and tissue parameters was 
mentioned in their paper, our animal study (Romijn et al., 1989°) indicated that such 
a correlation may exist. This study aims to evaluate the methods used by Coleman 
et al. (1985) and to investigate the use of other (independent) ultrasound parameters 
for the differentiation of the various classes of intraocular melanomas. The ultrasound 
parameters considered can be subdivided into two categories: tissue parameters and 
image parameters. The tissue parameters are based on the determination of the fre-
quency dependent attenuation - and backscattering coefficient of the tissue. Whereas, 
the ¡mage parameters are related to the texture of the normal B-mode (AM) images and 
comprise the first and second order statistics of these images. These texture parameters 
were also calculated from the PD-images (or FM-images) which were constructed from 
the recorded echo-signals (Ferrari et al., 1982; Seggie et al., 1985; Romijn et al., 1987; 
Oosterveld et al, 1989). All methods used in this study can be adapted to other organs 
if an attenuation correction for the intervening tissue is performed. 
The estimation of the tissue and image parameters induces the analysis and pro-
cessing of the radio-frequency (rf ) echograms and, therefore, special equipment had to 
be used. Additionally, a correction for the beam and focussing effects (i.e., diffraction 
effect) of the transducer was performed to assure that all results would be system in-
dependent. The diffraction correction procedure was applied prior to the estimation of 
the ultrasound parameters reported in this study. 
A second kind of processing of the echographic data, which has to be applied prior 
to the estimation of both the acoustic and the texture parameters, was the removal of 
specular reflectors and low-contrast regions from the region of interest (ROI). Laugier et 
al. (1985) indicated that , for instance, specular reflectors might systematically affect the 
accuracy of the attenuation coefficient estimate. As intraocular melanomas can be very 
inhomogeneous this preprocessing assures an objective way of selecting a homogeneous 
region in the tumour from which the ultrasound parameters are estimated. 
The attenuation coefficient was estimated with a number of methods. Both the 
amplitude decay and the frequency-shift of the rf-signals were considered to obtain a 
reliable estimate of the attenuation coefficient. Moreover, to be able to subsequently 
correct the backscattering coefficient for the attenuation in the tissue. The analysis of 
the backscattering coefficient was performed similarly as was reported by Feleppa et al. 
(1986) — apart from the selection of the ROI — in order to be able to compare results. 
A simulation study has proved that this method of analysis produced consistent results 
(Romijn et al., 1989ь). 
The analysis of the texture parameters was performed by methods as described 
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in literature (Wagner et al., 1983; Oosterveld et al., 1985) to evaluate the first and 
second order statistics as the characteristic parameters of the ultrasound images. In the 
estimation of these parameters the lateral aspect of the images could not be considered, 
because of the irregular shapes of the tumours, and because a diffraction correction 
procedure for the lateral direction could not be formulated. In addition to the texture 
parameters, the analysis reported by Wagner et al. (1987) on the estimation of the 
components of diffuse and structural scattering was performed on the autocorrelation 
function of the intensity signal. 
The ultimate differentiation of the various classes of melanomas had to be performed 
with a discriminant analysis, which was validated by the histology of enucleated eyes. 
The evaluation of the clinical discriminating ability of the various parameters, when 
applied to the melanomas, will be reported in a separate publication (Verbeek et al., 
1989). In the present study the emphasis will be on the methods, i.e., the parameter 
estimation methods, and on the correlations between the various ultrasound parameters. 
Some of the methods used enable the calculation of 'local' estimates of the ultrasound 
parameters. From these 'local' values parametric images can be constructed (Feleppa 
et al., 1986) that might be helpful for the diagnosis (van Gool et al., 1989). They might 
even correlate in another way to histological characteristics of the tumours than the 
features of the B-mode images. This correlation has been investigated by an experiment 
with a tissue-mimicking phantom. 
2 Theory 
2.1 Analytic Signal 
The envelope and the phase of a band-limited signal can be obtained (Papoulis, 1965; 
Whalen, 1971; Thijssen et al., 1989) from the analytic signed o(<): 
a(t) = 3(i)+jH(s(t)) (1) 
where s(t) = rf-signal 
H = Hilbert transform 
The envelope (e) and the phase (φ) are then defined as: 
e(<) = |a( t ) | (2) 
φ(ή = arctan(^l) 
The time derivative (denoted by the ') of the phase is the instantaneous angular fre­





It can be noticed that the instantaneous frequency is not defined if the envelope 
is zero. For imaging purposes or for the estimation of the attenuation coefficient the 
instantaneous frequency needs to be stabilized (Romijn et al., 1987; Oosterveld et al., 
1989), for which an algorithm as suggested by Angelsen (1981) is used. The numerator 
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and denominator (Eq. 3) are separately averaged over a time interval ( < > r ) ) after which 




 ( 4 ) 
2.2 A t t e n u a t i o n Coefficient 
In biological tissues the frequency dependence of the attenuation coefficient is often 
approximated by a linear function, and because the amplitude decay is exponentially 
dependent on the depth in the tissue, attenuation can be written as: 
a{t)=a{0)e-^ct (5) 
where α = instantaneous amplitude 
μ = attenuation coefficient (Np/cm.MHz) 
ƒ = frequency 
с = speed of sound 
From this equation two different approaches to estimate the frequency dependent at­
tenuation coefficient are possible. Both the amphtude and frequency information are 
used if the log-spectral difference of the two amplitude spectra (Ai and Ai), obtained 
from different depths (<i and ¿г) in the ROI, is considered. 
20 (log10(A2(f)) - log^A^f))) = ~afc(t2 - <,) (6) 
where α ss 8.68 μ = attenuation coefficient (dB/cm.MHz) 
The frequency information of the rf-echo-signal is exclusively used when the frequency-
shift over the depth range of the ROI is estimated. The frequency-shift can be assessed 
from the estimate of the centroid-frequency of the amplitude spectrum or from the in­
stantaneous frequency (Eq. 4) as a function of depth. The attenuation coefficient is 
calculated from the frequency-shift by applying: 
Δ / = - ^ σ ^ ) Δ ί (7) 
where Δ / = frequency shift 
σ ' = variance of the Gaussian spectrum 
Δ ί = time interval 
When using this equation (Eq. 7) it is implictely assumed that the transmitted pulse 
is Gaussian modulated (Kuc et al., 1976; Dines and Как, 1976) and that the time 
dependence of the variance can be neglected or corrected for (Verhoef et al., 1985). 
If the spectral methods are considered the standard deviation of the estimate of the 
attenuation coefficient can be analytically derived, as shown by Kuc (1985) and Berger 
et al. (1987). It was implicitly assumed by these authors that the spectral amplitude 
probability distribution function approximates a Rayleigh distribution. This condition 
implies a high volume density of the scatterers in the medium that is insonated. The 
(relative) variance of the attenuation coefficient then equals (see also Romijn et al., 
1989ь): 
2 l e c o j m 2 
"' ~ (WD*,)3L3(1 - l/L*)N ( ' 
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where σ£ = variance of attenuation coefficient estimate (dB 2 /cm 2 .MHz 2 ) 
σ^ = standard deviation of spectral amplitude = 5.62 dB 
τη — window overlap factor 
W — bandwidth 
D
m
= depth range per window 
L = number of windows per line 
TV = number of lines 
Tsao et al. (1987) proved that an estimate of the instantaneous attenuation (a¿) can 
be obtained by employing: 
Q<(/) = -Щ ^1θ9 < e 2 ( < ) > T ( 9 ) 
where f
c
 = centre frequency of the propagating pulse, for which equation 4 can be used 
(ƒ« = Ы)-
2.3 B a c k s c a t t e r i n g Coefficient 
Apart from attenuation the biological tissues also display scattering of ultrasound due 
to small inhomogeneities in the tissue. For an isotropic and homogeneously scattering 
medium, with scatterer sizes much smaller than the wavelength of the ultrasound signal 
and low density of the scatterers, it can be shown that Rayleigh scattering will occur, 
i.e., the backscattering coefficient is proportional to f* (Morse and Ingard, 1968): 
ßb. oc Ri nife V (10) 
where μι,, = backscattering coefficient 
R0 = amplitude reflection coefficient 
r — radius of the scatterers 
η = number of scatterers per unit volume 
к = 2π ƒ / с = 2π / λ = wavenumber 
The backscattering coefficient is defined as the power scattered per unit solid angle in 
the backward direction by an unit volume of scatterers. 
If the size of the scattering structures is not small as compared to the wavelength 
of the ultrasound an additional factor has to be incorporated in the equation (Eq. 10). 
This factor is refered to as the form-factor and its frequency dependence is described 
by an autocorrelation function. (Morse and Ingard, 1968; Chivers, 1977; Nicholas, 
1977; Bamber, 1979; Ueda and Ichikawa, 1981). Apart from the autocorrelation model 
the autocorrelation length is a characteristic for the scattering structures in the tissue. 
In case of rigid spherical scatterers this autocorrelation length would be equal to the 
radius of the scatterers, in tissue other relations can be found (Romijn et al., 1989a). 
When considering a Gaussian autocorrelation function, i.e., one of the 'inhomogeneous-
continuum' models, the backscattering coefficient is defined as (Ueda and Ozawa, 1985): 
КЦс* -
Cl) ,.4,3 _-fc3g' т ч 
Mb. = 7= к σ e (11) 
ν
π 
scatterer volume concentration 
correlation length of the medium 
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2.4 T e x t u r e P a r a m e t e r s 
The first order statistics of the AM-image are concerned with the amplitude histogram: 
the mean value and the signal-to-noise ratio (SNR) of the image. If the number of 
scatterers in the tissue is sufficiently high (fully developed speckle) it can be shown 
for the envelope of the rf-signals of the image that this histogram approximates to a 
Rayleigh probability distribution (Papoulis, 1965; Burckhardt, 1978; Wagner et al., 
1983; Oosterveld et al., 1985). This distribution is written as: 
/ (a) = ^ e " 3 / ^ (12) 
ρ 
where σ* = signal power. 
Hence, the first order statistics can be shown to be: 
μ« = ορ)/π/2 
σ
α





 = 1.91 




 = signal-to-noise ratio 
μ
α
 = mean amplitude 
σ
α
 = standard deviation of amplitude distribution 
The second order statistics of the ultrasound (B-mode) images can be quantified 
from the autocovariance function (ACVF) of the intensity (squared envelope, Eq. 2) 
in the axial direction of the images. As a characteristic measure of this function the 
full-width-at-half-maximum (FWHM) was considered. Wagner et al. (1983) showed 
that in the focus of the transducer and for fully developed speckle this FWHM equals: 
FWHM = 0.26 / ^ (14) 
where fff — standard deviation of the (Gaussian) transmission spectrum of the trans­
ducer. 
The first and second order statistics of the PD-images were calculated by Thijssen et 
al. (1989). The use of a stabilization algorithm (Eq. 4) for these images causes statistics 
to depend on the stabilization factor and the probability distribution function of the 
stabilized instantaneous frequency approximates to a Gaussian distribution. Therefore, 
only results were estimated for the SNR, which is less dependent on stabilization. Using 
the stabilization as mentioned before (Tsao et al., 1987) the SNR, after subtraction of the 
mean frequency and subsequent rectification, of the sufficiently stabilized instantaneous 
frequency should equal: 
SNR = μ
ίΦ
,\ Ι σμ., = y ^ - ^ = 1.325 (15) 
A further sophistication of the analysis of the second order statistics is the calculation 
of the average intensities of the structural (ƒ,) and the diffuse scattering (I¿) from the 
intensity signal. This calculation can be best performed in the frequency domain, i.e., 
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on the power spectra derived from the ACVF's of the intensity. Equations were taken 
from Wagner et al. (1987), who elaborately discussed the derivations in their paper. 
Therefore, this theory is only shortly summarized below. 
For the intensity level of the demodulated ultrasound rf-signal, under the assumption 
that the transmission pulse is Gaussian modulated, it can be shown that: 
<I>2 = I¡+2IdI. + I2,=(Id + I.)2 (16) 
<I2> = 2ІІ + 4IdI. + I
2
, 
The Ij and I, of the image can be estimated from the autocorrelation function (or 
ACVF) of the intensity. The top (t) and the baseline (6) of the autocorrelation function 
(Rj) represent: 
t = RI{0)=<I2> (17) 
b = RI(oo)=<I>2 
From the power spectrum of the intensity the variance of the total scattering ( σ 2 ( / ) ) 
and the so-called Rician variance can be estimated. The total variance is defined by the 
surface under the spectrum. 
σ
2{1) = < I2 > - < I >2 (18) 
The Rician variance is calculated from the surface under a Gaussian fit through 
the minima of the spectrum, thereby the following equation gives an estimate of the 
variance of the intensity of the structural scattering (Σ^): 
Σ]=σ\ΐ)-α\ (19) 
3 Ultrasound Data 
3.1 Simulated D a t a 
A one-dimensional condition was used in a simulation program to generate rf-signals 
(Romijn et al., Ιθβθ 6 ) . A transducer was simulated transmitting a Gaussian modulated 
pulse with a centre frequency of 7 MHz (σ/ = 1.41). This represents the same spectral 
information as the transducer applied in the in vivo study (see EQUIPMENT section 
4). Since, simulations were performed under the plane wave approximation, the condi­
tions were comparable to the in vivo situation in focus. The density of the scatterers 
was 200 /cm, which resulted in SNR values close to 1.91. The reflection strength of 
the scatterers was kept constant. The simulations enabled the incorporation of an at­
tenuation coefficient and of uniform randomly distributed scatterers, characterized by 
a backscattering coefficient, in the tissue model. As an extension of this model a range 
of correlation lengths of various autocorrelation functions could be incorporated. 
3.2 P h a n t o m D a t a 
A tissue-mimicking phantom was constructed from a solution of gelatin in distilled 
water. The weight percentage of the gelatin was 7.5 percent, whereas, silicagel® beads 
(1 weight percent) were incorporated in the phantom to produce the scattering of the 
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ultrasound (van den Aarssen et al., 1989). The diameter of the beads was smaller than 
І б - д т , so Rayleigh scattering of the ultrasound weis present in the experiments (see 
EQUIPMENT section 4). 
3.3 Pat ient D a t a 
The rf-data from the intraocular tumours were recorded in clinical routine and no dis­
comfort to the patients was caused by the scanning. Anaesthesia of the cornea and 
conjunctiva was obtained by a local anaesthetic (Novesind®), which allowed direct ap­
plication of the B-mode transducer on the eye ball. The number of acquired scans per 
patient varied from two to five. The intraocular tumours considered were all melanomas 
of the choroid and, therefore, located posterior of the retina and anterior to the sclera. 
Care was taken to avoid transmission of the ultrasound through the eye-lens because 
this would have caused an additional and not reproducable attenuation, making the 
backscattering measurements practically impossible (Romijn et al., ІЭЗЭ1'). Although, 
intraocular melanomas are slowly growing they can be very inhomogeneous and either 
dome-shaped or formed like a mushroom (Verbeek, 1985). After enucleation of the eyes 
a histological classification of the melanomas was performed by two experienced pathol­
ogists. The differentiation was based on the typing of the tumour cells by assessment of 
15-μτη slices of the tumour after hematoxylin-eosin staining. Epitheloid cell type and 
spindle cell type melanomas were distinguished, whereas, a mixture of these cell types 
was separately classified. 
4 Equipment 
A commercial ophthalmologic ultrasound scanner (Triscan, Biophysic Medical Inc.) was 
used to obtain the rf-data from the intraocular melanomas. The B-mode scanhead was 
performing 12 sector scans per second by a motor drive. The B-mode transducer had 
a centre frequency of 7.0 MHz with a —6 dB bandwidth of 3.3 MHz as was concluded 
from the spectrum of the echo from a plane reflector in the focus. A water stand-off of 
2.8 cm length was fixed onto the transducer. For this reason the membrane of the water 
stand-off did not give rise to reveberation artifacts within the tumour range. Moreover, 
the focal length of the transducer was 4.5 cm, so that the melanomas were in general 
located in the focal range of the transducer. 
Only a minimal modification to the apparatus was necessary to be able to acquire 
the rf-data instead of the normal envelope data. The rf-data were band-pass filtered 
(cut-off frequencies 2.5 and 15 MHz) to avoid aliasing effects by digital sampling. The 
echographic equipment was employed at a reproducable and fixed setting of the linear 
amplifier gain. The rf-signals were digitized in 8-bit s with a sampling-rate of 40 MHz and 
stored in a transient recorder (BE-256, Bakker Electronics) A fixed region-of-interest 
(ROI) was employed (Fig. 1), which consisted of 128 scan-lines covering an area of 
approximately 4 cm 2 . 
Each line consisted of 1016 samples (approximately 2 cm). The ROI could be placed 
over the tumour by means of the delay control of the scanner. Then the rf-data from 
the ROI were transferred from the transient recorder to a computer (Professional 380, 
Digital Equipment Corp.) which was also employed for the processing. Because the 
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Figure 1: Region of interest recorded from intraocular melanoma by direct 
application of the transducer on the globe. 
ROI covered a much larger area than the tumour a further selection of the data to be 
analysed was needed. 
5 Methods 
5.1 ROI Select ion 
The final ROI selection was performed with a computer mouse by drawing a contour 
around the tumour tissue on the B-mode image that was redisplayed at the screen of the 
computer. As choroidal melanomas are very irregular shaped also an irregular shape 
of the final ROI resulted. The estimation of the ultrasound parameters necessitated 
a lateral averaging over the lines within the ROI. Therefore, some requirements were 
formulated regarding the size and shape of the contour. Firstly, the shape of the contour 
was altered by selection of the first and last sample per line that was marked as final 
ROI, thus forming the smallest 'encircling' contour. Following the requirement for the 
primary diagnosis of a melanoma (Verbeek, 1985) a minimum depth range of 3 mm was 
taken as the limit for the further processing of the data. This final ROI will be called 
ROI in the following. 
5.2 Diffraction Correction 
A tissue-mimicking phantom (ULTRASOUND DATA section 3.2) was used to correct 
for the beam and focussing effects of the transducer, the so-called diffraction correc­
tion (Cloostermans and Thijssen, 1983; Fink and Cardoso, 1984; Verhoef et al., 1985). 
The diffraction correction procedure has been described before (Romijn et al., 1989a; 
Oosterveld et al., 1989ь), and is briefly summarized below. 
The phantom was scanned in a water-tank and the rf-data from a Hamming window 
of 128-samples, just below the surface of the phantom, were recorded as a function of the 
distance between the transducer and the phantom. Then power spectra were calculated 
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as a function of depth. In a separate measurement the spectrum corresponding to the 
echoform of a plane reflector, located in the focus of the transducer, was estimated. The 
division of the spectra of the phantom and the plane reflector, both in focus, yielded the 
backscattering coefficient of the phantom. This backscattering coefficient on its turn 
was divided out of the recorded phantom spectra, and so the pure power spectra of the 
sound beam were estimated as a function of depth. A linear interpolation algorithm 
was used to estimate the correction spectra at intermediate depths. 
For a transducer independent estimation of the backscattering coefficient the power 
spectra from windowed sections of the rf-lines of the ROI were corrected for the beam 
diffraction effect by division with the diffraction correction spectra on the corresponding 
depth. 
To obtain an adequate correction of the envelope or of the instantaneous frequency, 
the diffraction correction spectra were divided by the diffraction correction spectrum 
measured in the focus. This procedure yielded correction spectra relative to the diffrac­
tion spectrum in the focus, i.e., at other depths also the plane wave condition was 
established by the correction procedure following: The rf-data were windowed by a 
cosine window (50 percent overlap, 64 samples), then the power spectra were calcu­
lated for each window and subsequently divided by the correction filter at the same 
depth. The next step was a complex demodulation of the filtered spectra. The envelope 
or instantaneous frequency was calculated after an inverse Fourier transform and then 
summated for the whole rf-line. For this purpose cosine windows were used that add 
up to unity if a 50 percent overlap is implemented. 
5.3 H o m o g e n e o u s Region Select ion 
Both specular reflectors (e.g., blood vessels) and low-contrast regions might cause con­
siderable inaccuracy of the estimates of the attenuation coefficient (Laugier et al., 1985), 
of the backscattering coefficient and of the estimates of the texture parameters of the 
intraocular melanomas. Therefore, it was necessary to remove these regions from the 
analysis. Objective criteria to select the homogenous parts of the ROI were formulated 
for the parameters employed in the analysis and the selection itself was performed by 
the computer. 
The detection of specular reflectors or low-contrast regions WEIS performed on the 
envelope, instantaneous frequency or (integrated) power (within the frequency-band). 
As can be noticed from the figure (Fig. 2) the instantaneous frequency, after stabiliza­
tion, can be used to detect the scattering structures with a backscattering coefficient 
different from the surrounding scatterers. The figure shows the envelope and stabilized 
instantaneous frequency averages of 5 simulated rf-lines with the 50-μπι scatterer at the 
same position. The reflection strength of the scatterers R
a
 (Eq. 11) was kept constant 
(see ULTRASOUND DATA section 3.1). 
The detection was preceded by a calculation of the lateral averages of the above 
mentioned parameters of the rf-signal. These averages were then subjected to a linear 
regression analysis as function of depth. The linear fit was then used to establish 
detection levels for both specular reflectors and low-contrast regions. The detection 
levels were set at ± б dB of the linear fit for the envelope and the integrated power values. 
The instantaneous frequency was restricted to the frequency-band of the transducer. 
Because this procedure would mark numerous individual samples as specular reflectors 
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Figure 2: (a) Average envelope and (b) stabilized instantaneous frequency 
of (5) simulated rf-ugnals of scatterers (200 /cm) with sizes of 25 μτη and 
one scatterer (arrow) of 50-μτη. 
от low-contrast regions an extra precaution was taken not to affect the probability 
distribution functions of the signals' envelope and frequency data. Therefore, at least 
a number of five consecutive samples had to be detected as specular reflector or low-
contrast region in order to be classified in either of these categories. These choices may 
seem arbitrary, but they were verified by both a visual assessment of the located regions 
and by verification of the histograms of the remaining data. 
Removal of the inhomogeneous parts of the ROI was performed with different strate­
gies for the estimation of the tissue parameters and the texture parameters. For the 
estimation of the acoustic parameters the specular reflectors and low-contrast regions 
were simply ignored in the analysis. This strategy was not possible in the texture anal­
ysis, because a contiguous set of data was needed to estimate the ACVF. Therefore, 
the mean value was substituted at the inhomogeneous parts of the ROI. An alternative 
suggested by Insana (1988°) is the multiplication of the echoes from specular reflectors 
by a small constant. The multiplication is performed between two minimal values of 
the signal and is only applied to the envelope. 
Additional criteria were defined for the number of specular reflectors and low-
contrast regions that were allowed in a single line of the ROI to assure a contiguous 
region to be selected. It also should be remarked that fixed criteria were formulated for 
the signal power within the frequency-band (-80 to -40 dB relative to a perfect reflector) 
and that an overflow of the A/D converter was always removed from the analysis. 
5.4 Attenuat ion Coefficient 
The attenuation coefficient was estimated within the ROI from six different attenuation 
estimation methods. Most methods were either based on the spectral-difference or on 
the frequency-shift method (THEORY section 2.2). 
• The logarithmic amplitude decay of the envelope (Eq. 5, AMS method). 
• In the "quasi-narrow-band" (QNB) method the integrated power was estimated 
within the frequency-band as a function of the depth in the ROI. The logarithm 
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decrease of the power in dB/cm. The frequency dependent attenuation coefficient 
was then obtained by division of the slope value by the centre frequency of the 
transducer. 
• A "multi-narrow-band" (MNB) method was reported by Cloostermans et al. 
(1985), who applied the linear regression technique to the logarithm of the power 
values separately for each discrete frequency contained in the frequency-band. 
Then a second linear regression analysis was applied to the slope values them­
selves as function of depth, yielding an estimate of the attenuation coefficient 
slope. 
• A modification of this method (MNBo) was obtained from the condition that 
the attenuation is zero at zero frequency (dc). So, the regression line was forced 
through the origin and estimates with a higher precision resulted (Romijn et al., 
1989ь). 
• A method already mentioned is the "centroid-frequency-shift" (CFS) method, 
which was first described by Kuc et al. (1976) and by Dines and Как (1976). 
• Finally the instantaneous frequency (IFS) was used to estimate the attenuation 
within the tumours. The method as suggested by Tsao et al. (1987) was used 
to stabilize the instantaneous frequency. For estimation of the attenuation a sta­
bilization method should be applied that is not based on the amplitude, as this 
decreases as function of the penetration depth in the tissue (Eq. 5), thus causing 
a biased attenuation estimate. 
For the application of these methods to the intraocular melanomas a homogeneous 
region of the ROI WEIS selected as described above. After the pre-processing to remove 
the low-contrast regions and the specular reflectors, the envelope was used to calculate 
the AMS attenuation coefficient. The other methods, except for the IFS method, use 
the power spectra as function of depth to yield an estimate of the attenuation coefficient. 
In the performance of the IFS method both amphtude and frequency criteria are used 
to detect the low-contrast regions and specular reflector locations. 
The accuracy and precision of the attenuation estimates obtained from the IFS 
method were investigated from simulated rf-signals, similar as reported for the other 
above mentioned methods (Romijn et al., Ιθβθ1") and are shown in table 1. The simulated 
rf-signals (ULTRASOUND DATA section 3.1) were obtained from an one-dimensional 
simulation model that could incorporate different scatterer sizes as well as various au­
tocorrelation functions for the backscattering coefficients. The attenuation coefficient 
simulated was 0.4 dB/cm.MHz, whereas, the backscattering coefficient was given by 
equation 11, with a scatterer size (r = σ) varying from 10 to 100 μπι. The simulations 
yielded both an accuracy and a precision for the IFS method comparable to those of the 
spectral (CFS and MNB) methods (Table 1). The attainable precision of the attenua­
tion estimate was calculated from equation 8, for the simulated data samples used. The 
equation was derived for the MNB and CFS methods and results in 0.19 dB/cm.MHz 
(Romijn et al., 1989'). 
The spectral methods necessitated the removal of at least two data-windows from 
the analysis if a specular reflector or low-contrast region was detected. The IFS method, 



































Table 1: Attenuation coefficient estimatea for the various method» ob-
tained from simulations (O.4 dB/cm.MHz) and from a RMI-phantom (0.5 
dB/cm. MHz). 
however, does not involve spectral information, therefore, low-contrast regions and spec-
ular reflectors could be removed more adequately, i.e., only the samples that were clas-
sified to be low-contrast regions or specular reflectors are removed from the analysis 
(see METHODS section 5.3). Therefore, it was expected that the IFS method would 
yield a higher precision in the attenuation estimation for the intraocular melanomas. 
The criteria for the selection of the homogeneous region were based on the ultrasound 
data from the intraocular melanomas. To study the effect of the computer selection of 
a homogeneous region from the ROI drawn with the computer mouse, the attenuation 
coefficient of a RMI-phantom (0.5 dB/cm.MHz) was estimated. The results obtained 
for the various methods are also presented in the table 1. 
From the simulations it can be concluded that the selection criteria do not cause 
a systematic bias on the attenuation coefficient, when no specular reflectors or low-
contrast regions are incorporated in the rf-signals (Table 1). Results from a simulation 
study (Romijn et al., 1989') indicated that the high value for the attenuation coefficient 
estimated with the CFS method depends on the size of the scattercrs. It can be noticed 
from the results of the RMI-phantom that the estimates of the attenuation coefficient 
deviate considerably from the nominal value (0.5 dB/cm.MHz). From their consistency 
(all methods except IFS) it may be concluded that the correct value of the attenuation 
coefficient of the phantom must be about 0.7 dB/cm.MHz. 
For both the simulated and phantom data the (AMS,) QNB, MNB, and MNBo 
methods show consistent results, whereas, the estimates of the CFS and IFS methods 
may deviate considerably from these results, which was not to be expected. Therefore, it 
can be concluded that the attenuation coefficient obtained with these methods depends 
on the pre-selection of the homogeneous region within the phantom. The precision of 
the methods also depends on the pre-selection of the data, but is lowest for the IFS 
method and highest for the CFS method (phantom data). Therefore, the selection of 
the attenuation estimation methods could be assessed neither from these phantom data 
nor from the simulated ultrasound signals, but had to be performed from the melanoma 
data itself. 









Figure 3: Example of laterally averaged (first 3 data windows) backscattenng 
coefficient of a single ¡can of an intraocular melanoma. 
5.5 Backseat tering Coefficient 
The backscattering coefficients were estimated from the power spectra (Lizzi et al., 
1983; Ueda and Ozawa, 1985) obtained from the rf-data of the intraocular melanomas. 
These spectra were calculated by applying Hamming windows (64 samples, 50 percent 
overlap) to the data of the homogeneous region of the ROI of the eye tumours, as 
described before. 
The analysis of the backscattering coefficients was performed with a linear-fitting 
method (Feleppa et al., 1986) within the frequency-band from 5 to 10 MHz. When the 
linear regression is applied to the backscattering coefficient, the slope, the intercept and 
the residual of the fit maybe considered as relevant backscattering parameters (Lizzi et 
al., 1986). It was proved that this method of analysis of the backscattering coefficient 
is a good choice, if the autocorrelation function of the tissue is not known on forehand 
(Romijn et al., 1989ь). The slope value can be used to estimate the scatterer size while 
assuming that the radius of the scatterers can be modeUed as the correlation length of 
the tissue (r = tr, Eq. 11). 
To obtain a more reliable and summarizing estimate of the backscattering coefficient 
(cf., Fig. 3) a lateral averaging was performed over the tumour. Next the backscattering 
parameters were estimated. It may be remarked that other parameters might be selected 
for the description of the backscattering coefficient, but then it must be considered 
that the interpretation of these parameters in alternative physical parameters will not 
improve the discriminating ability. 
5.6 Texture Parameters 
From the diffraction corrected ultrasound d a t a within the ROI the first and second order 
statistics were calculated of both the AM-image and the PD-image. The AM-image 
stands for the normal B-mode display, whereas the PD-image was obtained from the 
instantaneous frequency (Romijn et al., 1987). After stabilization of the instantaneous 
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0.21 ± 0.07 mm 
Table 2: First and second order statistics of the AM- and PD-ітпадез ob­
tained from simulations. 
frequency (Eq. 4) its mean frequency was calculated over the image and subtracted 
from this stabilized frequency. The result was rectified (PD-image) and finally low-
pass filtered (METHODS section 5.7) for display purposes. Attenuation correction 
prior to the estimation of the texture parameters was performed with a second-order 
polynomal fit (Insana, 1988a) through the lateral averages of the envelope or stabilized 
instantaneous frequency of the ROI. 
The first order statistics comprise the mean value and SNR of the homogeneous 
region selected from the data. The second order statistics were calculated from the 
ACVF of the intensity, that was laterally averaged over the ROI. From simulations (20 
rf-lines) the results of the first and second order statistics are assessed. The SNR and 
FWHM of both the AM- and PD-image were estimated and average results are shown 
in table 2. The SNR and FWHM clearly indicate that fully developed speckle is present 
in the AM-image, as the SNR should be 1.91 and the FWHM 0.18 mm (Eq. 14). For 
the PD-image it is shown that the theoretical value of the SNR (Eq. 15) is in good 
agreement with the result obtained from the simulations. For its FWHM no theoretical 
value could be obtained. 
Additionally the analysis of the structural scattering was performed as reported for 
the liver by Insana et al. (1986). This analysis can only be performed on the ACVF of 
the AM-image. In practice the ratio of the intensitities of the structural and the diffuse 
scattering (I,/Ij) and the standard deviation of the intensity of the structural scattering 
divided by the intensity of the diffuse scattering (Σ,//^) were employed. The detection 
of the peaks in the spectrum was performed as reported by Wagner et al. (1987) and 
the mean distance of the structural scatterers was considered as a characteristic for the 
intraocular melanomas. 
5.7 Parametric Images 
The parametric images were produced by a display of 'local' estimates of the ultrasound 
parameters, therefore, the following parameters were considered. The derivative of the 
logarithm of the intensity divided by the frequency yields an instantaneous at tenuation 
image (Eq. 9). Images of the parameters of the backscattering coefficient were obtained 
by performing the backscattering analysis on each spectrum estimated from a data-
window and using an overlapping of subsequent data-windows of 90 percent or more 
(Feleppa et al., 1986). Then the 'local' value of the slope, i.e., the 'local' size of the 
scatterers, could be imaged. If the slope value is used to estimate the scatterer size. 
The intercept value can be used to obtain a 'volume density' image by using equation 
11. Also, the residual of the linear fit can be used for parametric imaging purposes. 






























Table 3: Attenuation estimates for 50 intraocular melanomas obtained with 
various attenuation estimation methods. 
To obtain a comparable resolution of the above mentioned parametric images it was 
necessary to low-pass filter the data. The images were filtered in both the lateral (5 
lines) and the axial (32 samples) directions with an uniform weighting function. The 
length of the filter in the axial direction was chosen equal to the 'effective' data-window 
from which the spectra were derived. 
The first order texture parameters were calculated within the filter-kernel and, there­
fore, images of the mean value and of the SNR for both the AM-images and the PD-
images were obtained. 
The 'local' values of the parameters were scaled between the lowest mean value 
obtained for the eye tumours minus its standard deviation, and the highest mean plus 
its standard deviation. 
To obtain an impression how to visually eveluate them, the parametric images were 
calculated from the rf-data obtained from a phantom. This phantom was basically 
similar to the one used for the diffraction correction measurements and it incorporated 
scatterer sizes smaller than 15 μτα (see ULTRASOUND DATA section 3.2). Moreover, 
a 'lesion' was in the phantom simulated by a cylinder with scatterer sizes between 15 
and 40 μτη. 
6 Results 
6.1 At tenuat ion Coefficient 
T h e results from the various attenuation estimation methods (AMS, QNB, MNB, MNBo, 
CFS and IFS) are presented in the table 3. The data were obtained by averaging of the 
attenuation coefficients estimated from all the intraocular melanomas (ULTRASOUND 
DATA section 3.3), weighted with the size of the homogeneous region within the ROI 
per scan. 
It can be noticed from the table (Table 3), that for the various methods average 
values for the melanoma population ranging from 0.26 to 0.38 dB/cm.MHz were ob­
tained. The standard errors of these mean values are very consistent. The standard 
deviations range from 0.46 to 0.63 dB/cm.MHz. The CFS method produced the highest 
attenuation estimate, as was already observed for the simulated ultrasound data (cf., 
Table 1). For measurements of the liver, also a high value for the CFS attenuation as 
compared to the amplitude decay (AMS) was reported by Parker et al. (1988). Also, the 
result from the QNB method is relatively high. The AMS, MNB and MNBo methods 
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Figure 4: ./Шепиа^іоп coefficients estimated with the IFS method for the 
various histological types of melanomas (E=epitheloid, M=mized, S=spindle 
?=unknown). 
produced consistent results for the simulated-, phantom- and the melanoma data. The 
attenuation estimate of the IFS method is low for the simulation- and phantom-data, 
but becomes comparable to the estimates of the AMS, MNB and MNBo methods for 
the data obtained from the melanomas, whereas, its standard deviation is moderate. 
From the smaller standard deviation of the IFS method as compared to the CFS method 
it may be concluded that the pre-selection of the ultrasound data is performed more 
efficient for the IFS method, as was expected. Because, this result was not found for 
the phantom data (Table 1) it can be concluded that the pre-selection depends on the 
ultrasound data used. 
The standard deviation of the attenuation estimates is highest for the MNB and 
CFS methods. The value (0.6 dB/cm.MHz) can be compared to the theoretical preci­
sion that can be calculated when taking into account the average amount of data used 
per patient (Eq. 8). Therefore, it should be considered that the ROI's had quite arbi­
trary contour-shapes, which implies that the equation has to be considered for various 
numbers of windows per line (L) within the ROI. If, however, a rough estimation is per­
formed, by using the average number of windows per line, a value of 0.4 dB/cm.MHz 
could be obtained. From this result it can be concluded that the observed value of 
0.6 dB/cm.MHz is higher than anticipated for homogeneous media. This can be at­
tributed to the inter-individual variation of the melanomas. The latter is confirmed for 
the attenuation estimates of the IFS method (Fig. 4). 
The mutual correlations between the attenuation coefficient estimates obtained with 
the various methods are shown in the table (Table 4) , again for all tumour data avail­
able. There is a positive mutual correlation of the amplitude based methods (AMS, 


































Table 4: Significant (p < 0.05,) correlation coefficients for the various at­
tenuation estimation methods (*: not significant). 
QNB, MNBo) and of the frequency based methods (IFS, CFS), whereas, a negative 
correlation is revealed between these two methods of processing the ultrasound infor­
mation. The MNB method is negatively correlated to the amplitude based methods 
and positively to the frequency based methods. 
The correlations show that at least two attenuation methods can be selected for 
the discriminant analysis as the amplitude and frequency based methods are rather 
uncorrclated (< 0.5). If a selection is made between the methods with a comparable 
population mean for the melanoma data (Table 3), the AMS, MNBo, MNB and IFS 
methods can be considered. Moreover, from their consistency it be concluded that the 
selection of the homogeneous region within the melanoma is performed well for these 
methods. One of the amplitude based methods with the highest precision (AMS or 
MNBo) might be preferable for the differentiation in combination with the IFS method. 
6.2 Backscatter ing Coefficient 
For the description of the backscattering coefficient the three parameters of the linear-
fitting method were used (METHODS section 5.5). These parameters are identical 
to those reported by Feleppa et al. (1986), except for the frequency range they were 
obtained from. 
To improve the precision of the backscattering coefficient estimates it was necessary 
to average the coefficient within the homogeneous region of the ROI. It was, however, 
concluded from the previous section that attenuation per melanoma could be estimated 
neither with high accuracy nor precision (Table 3). Therefore, an axial averaging of 
the backscattering coefficient could not be performed as the attenuation effect on the 
spectrum could not be corrected for. Correction of the backscattering coefficient with a 
biased attenuation estimate has shown to cause disastrous effects (Romijn et al., 1989ь). 
The average attenuation effect for all melanomas is shown in the figure (Fig. 5), where 
the lateral averages of the backscattering parameters are plotted against the penetration 
depth within the melanomas. 
The figure (Fig. 5) shows that there is a correlation between the slope value and 
the depth range. The decrease of the slope value can interpreted to be caused by an 
attenuation coefficient of the order of 0.3 dB/cm.MHz (considering the first 8 windows 
in figure 5). This agrees with the average attenuation coefficient of the melanomas 
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Figure 5: Mean backscattering parameters as a function of depth, m intraoc­













Table 5: Correlation coefficients of the backscattering parameters 
(p < 0.05). 
(Table 3). Both the intercept and the residual of the linear-fitting method appeared to 
be almost independent of the attenuation. The intercept value was obtained at 0 MHz 
(dc) at which frequency the attenuation effect can be assumed to equal zero. 
To increase the precision — in addition to the lateral averaging (see M E T H O D S 
section 5.5) — the backscattering coefficients were averaged over the first 3 windows in 
the homogeneous region of the ROI, where the attenuation effect can still be neglected 
(Fig. 5). The parameters derived from these averages were employed in the following 
investigations. 
The mutual correlation coefficients are given in the following table (Table 5). As 
can be noticed from this table and the figure (Fig. 6) the correlation of the intercept 
and the slope value is high (Feleppa et al., 1986; Lizzi et al., 1986; Romijn et al., 
Ιθβθ
1
"). The dashed curve in the figure represents the linear regression analysis applied 
on the backscattering coefficient (Eq. 11) as function of the correlation length (σ) . This 
procedure is performed on the coefficient in the frequency range from 5 to 10 MHz. If 
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Figure θ: Scatter plot of intercept and »lope values of the backscattenng coef­
ficients of the melanomas. Indicated is the average standard deviation in both 
parameters and the histological melanoma cell type (E=epitheloid, M=mixed, 




32 ± 14 percent 




0.6 ± 0.1 MHz 
1.9 ±0.8 
Table β: First order statistics of the AM- and PD-images. 
the backscattering parameters of the melanoma data were close to the theoretical curve 
the reflection strength of the choroidal melanomas would be mainly determined by the 
scatterer sizes in the tissue. The density, or reflectivity, of the scatterers would then 
be fairly constant for the whole tumour data base (Eq. 11). This phenomenon, as was 
reported by Feleppa et al. (1986), can not be confirmed from the data as shown in 
figure 6. 
In conclusion it can be stated that the slope and intercept value are highly cor­
related and, therefore, a high discriminating ability can not be expected from these 
backscattering parameters. 
6.3 Texture Parameters 
The first order texture parameters comprise the mean and the SNR of the AM- and 
PD-images. The average results obtained for the homogeneous regions within the ROI's 
are shown in table 6. 








FWHM 0.21 ± 0.04 mm 
Table 7: Second order ítatistics of the AM- and PD-images. 
The mean value of the AM-image is expressed as a percentage of the highest level 
of the A/D converter. This value must be rather low, because the Rayleigh amplitude 
distribution should not be clipped at high amplitudes. The SNR value of the AM-image 
equals 1.91 (Eq. 13) closely, indicating that the selection of the homogeneous region was 
performed well. The mean value of the PD-image represents the degree of stabilization 
of the PD-images. The SNR of the PD-image was obtained from Thijssen et al. (1989) 
and should equal 1.325 (Eq. 15) as was confirmed for the simulated data (Table 2). The 
high value for the SNR (Table 6) of the intraocular melanomas is, therefore, caused by 
the tumour tissue and may be valuable for the differentiation of the melanomas. 
The second order statistics were calculated from the ACVF and the average values 
for the eye tumours that were obtained are shown in table 7. The population average 
of the FWHM of the AM-image should equal 0.18 mm (Eq. 14, with σ} = 1.41 and 
fully developed speckle present), therefore, the low value indicates that this parameter 
contains information about the tumour tissue. The average FWHM of the PD-images 
is in close agreement with the result obtained from the simulation study (Table 2). 
Because, the SNR value is close to 1.91 the results on the parameters concerning the 
structural and diffuse scattering are questionable. Detection levels for the structural 
scattering resulted in a large number of detected peaks in the power spectrum of the 
intensity. A histogram representing the number of peaks detected (as a percentage of 
the whole population) as function of the distance of the structural scatterers is shown 
in the figure (Fig. 7). The figure displays that a structural distance in the tumour 
tissue of 200 μιη is mostly observed. For a possible differentiation between the various 
melanomas the mean distance of the structural scatterers was considered. 
The mutual correlations of the texture parameters of the AM-images and PD-images 
are shown in the table (Table 8). Correlation coefficients higher than 0.5 — that should 
be considered before the discriminant analysis is performed — are found between the 
mean and the SNR of the PD-image, and between the parameters of the diffuse and 
structural scattering, and between the SNR of the AM-image and the I,/Id- The latter 
is obvious because the presence of structural scatterers will influence the SNR. It can be 
noticed that the texture parameters of the AM- and PD-images are rather uncorrelated, 
indicating that other information is displayed in the PD-images. 
β.4 Correlation be tween Tissue and Image Parameters 
Also, the mutual significant (p < 0.05) correlation coefficients were considered for the 
tissue and image parameters. Correlation coefficients higher than 0.5 were only found 
for the following parameters (Table 9). 
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Figure 7: Histogram of the detected peaks in the power spectrum of the 
intensity as a relative percentage for the various classes of melanomas 

























































Table 8: Correlation coefficients of the texture parameters of the AM- and 
PD-images for melanoma data-base, (p < 0.05^. 







Table 9: Mutual corrélations (greater than 0.5) between tissue and image 
parameters for the melanoma data-base (p < 0.05^. 
The correlation between the FWHM and the slope of the backscattering coefficient 
can be explained as follows: A high slope value indicates a dominant contribution of the 
high frequencies to the signal spectrum, this implies an increase of the bandwidth (<r/ in 
Eq. 14) which explains the FWHM to decrease. This result also indicates that equation 
14 should be considered as it has been introduced for the FWHM for a homogeneous 
scattering model and fully developed speckle. The bandwidth, however, is not indicative 
of the transmitted bandwidth but rather the effective bandwidth, which is derived by 
the convolution of the transmission pulse with the backscattering characteristics of the 
tissue. 
β. 5 Parametric Images 
From the visual assessment of the B-scan of the phantom the lesion can clearly be 
noticed (Fig. 8). From the various parametric images the intercept of the backscattering 
coefficient produced the most pronounced 'lesion' (Fig. 8). This can be explained from 
the scattering structures within the phantom. The difference in size of the scatterers is 
relatively small as compared to the difference in the reflectivity level (Eq. 11), moreover, 
the slope value is influenced by the attenuation within the phantom. The attenuation 
of the 'lesion' closely equaled the attenuation from the surrounding medium, as only 
the contribution of the scattering to the attenuation differed for the phantom and its 
'lesion'. The PD-image of the phantom depends on the change of the backscattering 
coefficient within the phantom, therefore, this can be compared to the parametric image 
of the slope of the backscattering coefficient, although, their nature is different. The 
SNR-image of the phantom did not show a 'lesion', which is explained by the high 
density of scatterers (fully developed speckle) in both the 'lesion' and the surrounding 
phantom. 
The diagnostic value of these parametric images will be reported in a separate pub­
lication, where also the correlation to the histology of the intraocular melanomas is 
assessed (van Gool et al., 1989; Verbeek et al., 1989). 
7 Conclusions 
It must be stated tha t , although it is interesting (from a physical perspective) to obtain 
accurate estimation methods for a variety of acoustical and texture parameters, their 
discriminating performance in clinical diagnostics has to be proven. This assessment 
is being performed by a discriminant analysis to differentiate classes of intraocular 
melanomas, as reported in a companion paper (Verbeek et al., 1989). The number of 
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Figure 8: B-mode image of a phantom with a 'lesion' (a) in comparison 
with a parametric image of the intercept of the backscattering coefficient (b). 
parameters suitable for tissue characterization was too large to be fully employed in the 
discriminant analysis, given the limited set of tumours with known histology. For this 
reason adequate selection criteria for the parameters had to be formulated. 
The performance of the pre-selection of the homogeneous region within the tumour 
highly influences the accuracy and the precision of the parameters estimated. This can 
be observed from a comparison of the attenuation coefficients from the data obtained 
with simulations, the phantom and the melanomas (Tables 1 and 3). For the estimation 
of the attenuation coefficient no preference for any method could be obtained from the 
simulated -, the phantom - and the melanoma data. When simulated data are used no 
important differences in the accuracy of the methods can be viewed, whereas, differences 
in the precision of the estimates became evident (Table 1). The measurements on the 
phantom and melanomas, however, prove that by preprocessing the ultrasound data the 
precision of the attenuation estimates becomes equal for all methods. It may, therefore, 
be concluded that the preprocessing gives a satisfactory result. For the melanomas the 
AMS, MNB, MNBo and IFS method appeared to be consistent. The mutual correlations 
between the attenuation estimates indicate that the methods have to be divided in 
amplitude based methods (AMS, MNBo) and frequency based methods (MNB and 
IFS) (Table 4). From this subdivision and from the precision of the methods (Table 3) 
the MNBo and IFS method are preferable for the discriminant analysis. 
From the backscattering coefficient two independent parameters have been selected 
for the melanomas: the residual and the slope or intercept value. A significant discrim-
ination of the various melanomas can not be expected when the slope and intercept 
values are used as is indicated by figure 6. These results are in disagreement with 
the results published by Coleman et al. (1985). Therefore, the selection of the ROI 
and the usable frequency-band of the transducer might be responsible, as these are the 
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only differences in the method of analysis of the backscattering coefficient. The ROI 
was, however, selected in an objective manner, which overcomes a pre-selection of the 
human observer. The smaller frequency-band used is not to be expected to influence 
the accuracy of the estimates of the backscattering parameters, but only the precision 
and, therefore, may not influence the discrimination of the melanomas in a systematic 
way. The backscattering parameters are, however, shown to be dependent on the at-
tenuation in the melanomas (Fig. 5). Therefore, the use of the slope value — without 
an attenuation correction — implicitly incorporates the attenuation of the melanomas, 
whereas, the intercept is independent of the attenuation. The correlation between these 
two parameters will, therefore, be reduced which might contribute to their discriminat-
ing ability. Also, the dominating influence of the scatterer size to the reflectivity level 
of the tumour (Feleppa et al., 1986) could not be affirmed, as no significant negative 
correlation between the slope of the backscattering coefficient and the mean value of 
the AM-image could be obtained. 
For the texture parameters the following can be stated: The mean values of the AM-
images are not likely to attribute dominantly to the differentiation, otherwise a visual 
assesment of the various melanomas would have been reported (Verbeek, 1985). The 
SNR of the AM-image can be a useful parameter in the differentiation of the intraocular 
melanomas, although a correlation with the components of the diffuse and structural 
scattering has to be considered (Table 8) and its value closely equals the theoretical value 
of 1.91. The use of the FWHM of the AM-image is only allowed if the backscattering 
parameters (slope and intercept) are left from the discriminant analysis as these are 
highly correlated. This correlation is explained by the decrease of the FWHM when the 
scatterer size decreases, then the slope value of the backscattering coefficient increases. 
The mutual correlation of the components of the structural and diffuse scattering is 
high, therefore, the use of both parameters will not contribute to the differentiation. 
Also, the mean distance of the structural scatterers has to prove its usefulness in the 
discriminant analysis. 
The clinical relevance of the PD-images is not yet fully comprehended as only some 
preliminary reports are published (Aufrichtig et al., 1986; Ralls et al., 1986). Their 
usefulness might be indicated by the correlations found between the texture parameters 
of the AM- and PD-images (Table 8) that are all lower than 0.5. The SNR is theoret-
ically expected to be constant and would, therefore, be useless, but the results of the 
melanoma data show that its value contains information from the selected data of the 
homogeneous region within the tumour (Table 6). Therefore, it should be considered in 
the discriminant analysis. The FWHM of the PD-image has equal mean values for the 
simulations as well as the melanomas (Tables 2 and 7). However, it should be considered 
that this parameter is uncorrelated to other parameters and may, therefore, attribute 
to the discrimination model between the various melanomas. 
If the evaluation of the parametric images of the silicagel phantom is performed 
by visual assessment the 'lesion' could be detected in most of the images investigated. 
Variation of the backscattering coefficient can, however, not be appreciated from regions 
much smaller than the 'lesion' implanted in the phantom. Therefore, the resolution of 
the parametric images of the intraocular melanomas did not allow a direct correlation 
to 'local' histological characteristics of the tumours. 
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Appendix 
Preliminary Clinical Results 
Differentiation of intraocular melanomas would be of great clinical potential if a 
distinction of the degree of malignity of the tumours could be accomplished in vivo. 
This diagnosis would indicate the best choice for patient-treatment and, meanwhile, the 
efRcacy of the treatment or the natural growth of the tumour, could be assessed by 
follow-up studies of the patients. 
Presently, various techniques are available to the physician to enable him to make a 
diagnosis. Ophthalmoscopy is a technique to envisage the retina of the eye through the 
ocular media. Also, fluorescein angiography is an important technique for a differential 
diagnosis. Echography has shown its potential in the differentiation of various neo-
plasms within the eye, such as melanoma, hemangioma, metastasis and retinoblastoma 
(Verbeek, 1985). None of these techniques, however, is able to perform a differential 
diagnosis of the various types of melanomas. 
Several studies have shown (Flocks, 1955; McLean, 1977; Packard, 1980) that the 
differentiation of melanomas can best be based on the assessment of the cell type. The 
determination of the cell type, however, can only be performed, after enucleation, from 
the histology of the tumour. The differentiation can be performed between the epitheloid 
cell melanoma, which is the most malignant, and the spindle cell melanoma. Also, a 
mixture of epitheloid and spindle cells is often observed in sections from the melanoma 
tissue. This mixture of cells causes the histological differentiation of the melanomas to 
have moderate reproducability by the same pathologist and a low agreement between 
various pathologists (Gamel et al., 1977). 
With modified echographic equipment it was tried to perform an ultrasonic tissue 
characterization of the various types of melanomas. The acousto-spectrographic anal-
ysis as described in the previous chapters was used, yielding both tissue and image 
parameters. A study on the correlation of these parameters with the histological types 
of the tumours has been performed by a discriminant analysis. The preliminary results 
on the available melanoma data are reported here. 
Discriminant Analysis 
In this chapter it has been discussed that it is possible to develop a mathematical 
function (discriminant function) of variables to classify each observation into a certain 
group. This analysis is used to classify each in vivo recorded tumour into a histological 
tumour type, based on the values of the ultrasound tissue and image parameters. The 
discriminant function is dependent on the parameters used in the discriminant analysis. 
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It is assumed that the distribution of the employed parameters for each tumour type is 
approximately multivariate normal. 
The discriminant function, also known as the classification criterion, is determined 
by a measure of generalized squared distance, and is optimized to yield a maximum 
seperation between the various groups (tumour types). For this purpose, the individual 
within-group covariance matrices are used and the prior probabilities of the groups 
are taken into account. Then a 'Round-Robin' or 'Leaving-One-Out' method is used to 
determine the discriminant function. To obtain a prospective diagnosis, the discriminant 
function developed for melanomas of known histological type can be used as a reference 
set to classify the other melanomas. This results in a probability for each melanoma to 
belong to one of the histological classes. 
Stepwise Selection 
To obtain a statistically reliable discrimination of the tumours, the number of ultrasound 
parameters has to be considered in comparison to the number of patients scanned. The 
number of parameters used in the discriminant analysis may in general be only about 
one third of the number of patients in the smallest group. Therefore, a subset of the 
parameters mentioned in the previous chapter has to be selected prior to the calculation 
of the discriminant function. 
The subset of ultrasound parameters is produced by a stepwise selection (Klecka, 
1980) of the parameters. The parameters are chosen to enter or leave the discriminating 
model according to statistical criteria for which the known histology of the melanomas 
is used as a reference set. The statistical criteria are based on the F-test from the 
analysis of covariance, where the chosen parameter is the dependent variable and the 
parameters already in the model act as covariates, or on the squared partial correlation 
of predicting the variable from the histological tumour type, controlling the effects of 
the parameters already selected in the model. From these criteria a significance level 
of the discriminating power of each parameter can be quantified. For the subset of the 
parameters only those parameters that had such a significance level less than 15 percent 
should be considered (Constanza and Afifi, 1979). 
Stepwise selection starts with no variables in the model. The parameter which 
contributes most to the discriminating model (measured according to Wilks' lambda) 
is then entered in the model, if it meets the criterion to enter. In every next step a 
parameter that fails to meet the criterion to slay in is removed from the model. When 
no parameters can be added any more to the model, the stepwise selection process stops. 
Results 
Initially, the discriminating model between the three classes of histology was considered. 
A subset of three parameters was produced by the stepwise selection: IFS attenuation, 
the FWHM of the PD-image and the amplitude attenuation obtained from a second 
order polynomal-fit (Chapter VII). From these parameters the discrimination according 
to table 1 resulted. 
Because, the number of patients of the smallest tumour class (5) is too low as 
















Table 1: Discrimination retulti from three parameters m three histological 












Table 2: Discrimination results from four parameters m two histological 
classes (E/M=epithelotd and mixed, S=spindle), number of tumours between 
brackets. 
tological classes had to be proposed, in order to obtain a statistically acurate prediction 
of the performance. Distinction was made between the epitheloid and mixed (M/E) 
cell type tumours (12) on the one hand and the spindle (S) cell melanomas (19) on 
the other. This subdivision corresponds to, respectively, the most and least malignant 
melanoma type. 
From the use of the three backscattering parameters (Feleppa et al., 1986; Chapter 
VII), for which a high differentiation of the two tumour types was reported by Coleman 
et al. (1985), respectively, 46.7 and 86.4 percent of the M/E-type and S-type were 
correctly identified. 
A stepwise selection of the acoustic- and image-parameters (Chapter VII) resulted 
in another subset of parameters for this discriminating model. The IFS attenuation, the 
mean reflectivity level of the AM-image, the mean distance of the structural scatterers 
and the FWHM of the PD-image were selected. From two of those parameters (IFS and 
FWHM) 58.3 percent of the M/E-type and 73.7 percent of the S-type were correctly 
identified. Including a third parameter (mean distance of structural scatterers) these 
numbers increased to 83.3 and 83.3, respectively. From the use of all four parameters in 
the discrimination model table 2 resulted. The result of correct classification (defined 
as the area under the ROC-curve), thereby increased from 72.0 to 86.7 and finally to 
96.6 percent. 
Conclusions 
With the selected parameters a discrimination between the melanomas could be per-
formed retrospectively, based on the histology of the enucleated eyes. Not until a sta-
tistically satisfactory number of patients is recorded the conclusion can be accepted 
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that, a discrimination between the three histological types of melanomas is obtainable 
The first results show that a differentiation with a high probability of correct classi­
fication could be obtained between the epitheloid and mixed cell type melanomas in 
comparison with the spindle cell type melanomas. This discrimination corresponds to 
a differentiation based on the malignity of the melanomas. 
A prognosis of the histological type of the melanomas in vivo can be obtained from 
these results from a probability ratio for each of the two histological tumour classes: 
mixed/epitheloid and spindle cell melanomas. 
It should be considered, however, that the potentials of the discrimination can better 
be assessed if the melanoma data-base is enlarged. Moreover, an evaluation of the 
treatment of the patient can be obtained from a follow-up study performed with the 
ultrasound selected parameters. 
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Summary 
In recent years the technical developments of echographic equipment have lead to 
an enhancement of the image qualtity. This improvement has surely contributed to the 
quality of the medical diagnostics performed with this equipment. The further develop-
ments of the equipment and the broadening of the scope of medical applications should 
be based on a firm understanding of the basic phenomena underlying the generation of 
echograms. On the one hand these echograms are influenced by the equipment perfor-
mance characteristics and on the other hand also the interaction of the ultrasound with 
the biological media through which it propagates is involved in the echographic features. 
In this thesis the method to reduce the influence of the equipment is outlined and tested 
and the methods to estimate both acoustical parameters and image texture parameters 
are discussed. These parameters may be employed for the differentiation of diseased 
conditions of biological tissues. A physical model of the interaction of ultrasound with 
tissues is employed to develop a variety of estimation methods. These methods were 
optimized for the differentiation of intraocular melanomas. More specifically the clinical 
problem that is addressed is the differentiation of three histological types of melanomas: 
the spindle cell, the epitheloid cell and the mixed cell types. 
After an introduction the first part of this thesis is devoted to the employment of 
the phase of the echo-signal (Chapters II-IV). The methods to derive and subsequently 
depict the phase derivative (PD) in two-dimensional grey-scale images are described. 
The first- and second order texture parameters of the PD-images were employed in 
an evalation study. This study was based on data obtained from simulations and from 
experiments with a tissue-mimicking phantom. The results of this study were compared 
with results that could be predicted from analytic formulae derived in Chapter IV. 
The relation between the acoustic parameters and the histology of a tumour was in-
vestigated with an animal model of intraocular melanoma and is discussed in Chapter V. 
The experimental data were analysed by using a theoretical model of the backscaltering 
of ultrasound. The structure and the size of the blood vessels within the tumour ap-
peared to be the factors dominating the backscattering. The backscattering coefficient 
estimated in the tumour yielded the mean (effective) size of the scattering structures 
which was significantly correlated with the mean cross-section of the blood vessels. 
In Chapter VI the methods to estimate the backscattering coefficient are evaluated 
by using simulated echograms. Since problems in the estimation of this coefficient are: 
1. the attenuation of the ultrasound in the intervening tissue between the transducer 
and the tumour, 
2. the attenuation of the ultrasound within the tumour, 
3 . the statistical distribution of the size of scattering structures within the tumour. 
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The first problem is generally neglected in the case of intraocular tumours. The second is 
approached by estimating the frequency dependence of the attenuation and performing 
the appropriate correction. As an alternative, the depth range being analysed is limited 
so that the influence of attenuation can be neglected. The latter approach is followed 
in this study. The third problem has been analysed but it had to be concluded that a 
proper correction of the bias due to distributed scatterer sizes can not be performed. 
The statistical parameters of the image texture as well as the acoustical parameters 
determined in-vivo for the melanomas are presented in Chapter VII. The texture pa-
rameters were estimated both for the conventional B-mode (envelope-, or AM-images) 
and the phase-derivative (PD) images. The phase-derivative can also be used to esti-
mate the attenuation coefficient for special conditions of the transducer performance 
and the frequency dependence of the attenuation coefficient. Several other methods of 
estimating the attenuation coefficient were employed, which had to be adapted to the 
often inhomogeneous structure of the melanomas. The backscattering coefficient of the 
tumours was estimated by using the optimal method derived in Chapter VI. The most 
optimal differentiation of the tumour types would be achieved by employing statistically 
uncorrelated parameters. The primary selection of the adequate texture and acoustical 
parameters was made by a correlation analysis. Chapter VII also contains the introduc-
tion of the so-called parametric images. Several of the employed parameters were locally 
estimated and then depicted in a colour overlay in the original B-mode picture. This 
idea was illustrated by using a tissue-mimicking phantom which contained a 'lesion' 
with backscattering characteristics differing from the 'background'. 
The thesis is completed with a summary of the results from the discriminant analysis. 
In this analysis the optimal set of parameters was estimated by a stepwise selection 
and the discriminant model was performed with the 'Round-Robin' method, then the 
discriminability of each tumour was assessed by using the classification made by the 
pathologist. Because of the limited number of available cases, where the histology 
was performed the differentiation, was restricted to the classes: spindle cell versus 
mixed/epitheloid cell type. This classification could be made with a fair significance, 
which proves that the tissue characterization methods employed in this study yield the 
possibility to classify different types of intraocular melanomas. 
Samenvatting 
Technische ontwikkelingen van echografische apparatuur hebben de afgelopen jaren 
gezorgd voor een toegenomen beeldkwaliteit. Dit is zeker ten goede gekomen aan de 
kwaliteit van de diagnostiek die met deze apparatuur uitgevoerd kan worden. Voor 
een verdere verbetering van deze apparatuur en het ontwikkelen van toepassingen voor 
een grotere verscheidenheid aan ziektebeelden, is het echter noodzakelijk om een beter 
begrip te ontwikkelen van de wijze waarop het echo-signaal tot stand komt. Enerzijds 
spelen hierbij apparatuur invloeden een grote rol, anderzijds is ook de interactie van 
het ultrageluid met het te diagnostiseren weefsel van belang. In dit proefschrift wordt, 
de methode om te corrigeren voor de invloeden van de gebruikte apparatuur besproken 
en wordt uitvoerig ingegaan op de bepaling van de akoestische- en beeld parameters 
die mogelijk voor de differentiatie tussen verschillende ziektebeelden kunnen worden 
gebruikt. Naar aanleiding van een fysisch model, dat de interactie van ultrageluid met 
weefsel beschrijft, is een verscheidenheid aan meetmethoden ontwikkeld. Deze meet-
methoden zijn geoptimaliseerd voor de diagnostiek van oogmelanomen. Meer specifiek 
was hierbij de vraagstelling de melanomen te differentieren naar histologisch type: het 
spoel-, epitheloide- en gemengd cellige type. 
Na een inleiding (Hoofdstuk I) is het eerste deel vein dit proefschrift gewijd aan het 
gebruik van de fase van het echo-signaal (Hoofdstuk II, III en IV). Er worden metho-
dieken beschreven om de fase informatie af te beelden in twee-dimensionale grijswaarde 
beelden. Voor een evaluatie van deze zogenoemde PD-beelden zijn de eerste en tweede 
orde textuur parameters berekend. Hiervoor zijn computersimulaties van ultrageluids-
signalen gebruikt en bovendien werden signalen verkregen uit metingen van weefsel 
fantomen. Tenslotte volgt een theoretische afleiding van de statistische parameters van 
deze beelden (Hoofdstuk IV). 
In het onderzoek beschreven in hoofdstuk V wordt met een diermodel onderzocht 
wat de relatie tussen de akoestische parameters en de histologische opbouw van een 
tumor kan zijn. De metingen werden uitgewerkt aan de hand van een theoretisch mo-
del van de terug-verstrooiing van het ultrageluid. In deze experimentele tumor bleek 
dat de structuur en grootte van de bloedvaten dominant is voor verstrooiing van het 
ultrageluid en beschreven kan worden aan de hand van een akoestische parameter, nl. 
de "backscattering coefficient". Deze parameter kan ook worden geïnterpreteerd als een 
maat voor de gemiddelde afmeting van de verstrooiende structuren in deze tumor. 
In hoofdstuk VI wordt met behulp van computer-simulaties onderzocht wat de beste 
methode is voor de analyse van de "backscattering coefficient". Duidelijke problemen 
voor een nauwkeurige schatting van deze parameter zijn: 
1. de verzwakking van het ultrageluid in het weefsel tussen de transducer en de tumor, 
2. de verzwakking van het ultrageluid in de tumor, 
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3 . een onbekende statistische distributie van de grootte van de verstrooiende structuren 
in de tumor. 
In geval van oogtumoren is het eerste probleem niet van toepassing omdat in het oog 
slechts met het glasvocht rekening hoeft te worden gehouden. Het tweede probleem kan 
goed opgelost worden door eerst een schatting te maken van de verzwakking in de tumor 
en vervolgens de "backscattering coefficient" hiervoor te corrigeren. Het derde probleem 
veroorzaakt een mogelijke discrepantie tussen microscopisch te bepalen afmetingen en 
de gemiddelde akoestische afmeting. 
In hoofdstuk VII worden de textuur- en akoestische paranieters bepaald uit de in-
vivo opgenomen ultrageluids-signalen van de oogmelanomen. De textuur parameters 
zijn berekend van zowel de gebruikelijke echo-beelden (B-mode) als ook van de PD-
beelden verkregen zoals beschreven in de eerste hoofdstukken. Verder wordt de fase 
informatie nog gebruikt om de verzwakking van het ultrageluid in de melanomen te 
bepalen, waarbij een techniek wordt toegepast zoals deze in hoofdstuk III beschreven is. 
Voor de bepaling van de verzwakking is tevens gebruik gemaakt van een aantal bekende 
meetmethoden die aangepast zijn aan de inhomogene structuur van de oogmelanomen. 
De "backscattering coefficient" is met de optimale analyse methode (Hoofdstuk VI) 
geschat uit de echografische gegevens van de oogmelanomen. Optimale differentiatie 
van de oogmelanomen in drie histologisch bekende typen (spoel, epitheloid en gemengd) 
dient te geschieden met onafhankelijke parameters. Daartoe zijn de correlaties tussen 
de gemeten parameters bestudeerd. Ook is het mogelijk parameters twee-dimensionaal 
af te beelden, zodat de echografische informatie op een geheel nieuwe wijze in zogeheten 
parametrische beelden wordt weergegeven. Aan de hand van registraties van een weefsel 
fantoom worden deze beelden geïntroduceerd. 
Tenslotte zijn voor de volledigheid de resultaten van de discriminant analyse van 
de oogmelanomen opgenomen in dit proefschrift. Deze analyse is verricht met de best 
discriminerende parameters uit hoofdstuk VII en geeft aan dat, ondanks het relatief ge-
ringe aantal oogmelanomen waarvan echogrammen zijn geregistreerd, een goede schei-
ding tussen de meest en minst maligne klasse kon worden behaald. Dit bewijst dat 
de methoden van weefseltypering die besproken worden in dit proefschrift, de moge-
lijkheid bieden verschillende typen melanomen met grote waarschijnlijkheid op correcte 
klassificatie te differentieren. 
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